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ABSTRACT 
 
The occurrence of low back pain in society is a widespread and costly problem, 
while running is an accessible and common form of physical exercise.  The intervertebral 
disc is a commonly studied location of interest within the low back, however limited 
research has been performed attempting to assess the risks or benefits associated with 
running on the health of the intervertebral disc, with zero research which estimates in-
vivo loading on the intervertebral disc during running.  Meanwhile, the available 
literature is not in agreement on whether running poses more of a risk or a benefit to 
intervertebral disc health, with some research suggesting that running has the potential to 
positively affect the intervertebral disc, while additional research suggests that long 
distance running will increase the likelihood of injury among runners.  Thus, it is of 
interest to determine in-vivo estimates of forces on the L5/S1 intervertebral disc in order 
to assess changes in pressure within the disc nucleus pulposus during running. 
As such, for this dissertation, three studies were completed.  The first involved 
model development in order to estimate L5/S1 joint angles, forces, and moments, 
followed by further model development to estimate muscular forces crossing the L5/S1 
joint and joint compressive forces, and concluding by utilizing a finite element model of 
the intervertebral disc to estimate joint pressure.   Following model validation, two 
studies were completed using repeated measures study designs in order to compare 
changes in intervertebral disc pressure due to running at different velocities, using 
different footstrike patterns, and following fatigue. 
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Validation of the models used when estimating in-vivo intervertebral disc 
pressures resulted in estimates for joint moments that were similar to those estimated 
during a previous research study.  The shape of the curves estimating muscular forces 
were similar to muscular stimulation curves derived via electromyography (EMG), 
however due to limitations of the data collection process for both muscle modeling and 
EMG it was impossible to reach a strong agreement when comparing these data sources.  
Validation of the finite element model resulted in estimated disc compression leading to 
percent stature loss that was similar in error magnitude to some previously published 
research comparing in-vivo and simulated data.  Comparisons of previously recorded in-
vivo disc pressure for a single subject to estimations for the present study resulted in 
minimum pressures that were similar across the studies, with greater maximum pressure 
estimated using the current modeling approach. 
An increase in velocity resulted in an increase in the average and peak pressures 
on the intervertebral disc during running, while faster velocities resulted in reaching peak 
pressure later on in stance than slower velocities.  Changing footstrike patterns did not 
cause any differences in average or peak intervertebral disc pressure, however running 
with a forefoot strike did cause runners to achieve peak intervertebral disc pressures 
earlier on during the stance phase than when running with a rearfoot strike pattern.  
During fatigued running, a moderate-large effect size was observed with higher pressures 
on the disc during the fatigued state which were not statistically significant (p>0.05), and 
with no change in the percent stance needed to reach peak pressure. 
The models appear to perform adequately when utilized in a repeated measures 
study design, but are not able to accurately detect specific pressures within the 
viii 
 
intervertebral disc.  The true meaning behind these results is unknown as higher pressures 
or loading rates during certain conditions may lead to increased risk of injury, or 
alternatively there might be little effect on injury risk as the higher pressure/loading may 
increase fluid flow into and out of the disc thus enhancing nutrient absorption.  Further 
research needs to be performed in order to determine the risks associated with increases 
in pressure due to running at faster velocities, potential increases in the loading rate 
during forefoot strike running due to reaching peak pressure sooner than rearfoot strike 
running, and potential risks associated with increased intervertebral disc pressure during 
fatigued running.
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CHAPTER 1: INTRODUCTION & LITERATURE REVIEW 
 
Introduction 
 My interest in studying the low back during running was developed throughout 
my studies at both the University of Nevada, Las Vegas, as well as at Iowa State 
University, with my initial inspiration occurring in part due to my own history of chronic 
low back pain and my love of running.  As a result, this dissertation is comprised of three 
research studies, all involving the study of the low back during running, as well as the 
following introduction/literature review.  The first study contained herein focuses on the 
development of musculoskeletal models which are used to estimate joint forces and 
moments at the L5-S1 joint during running, followed by applying these forces/moments 
to a three dimensional mesh of the L5-S1 intervertebral disc for use with a finite element 
analysis.  The second and third studies involve the collection of human subject data 
which is applied to the aforementioned models to assess how changes to spatiotemporal 
characteristics of running, as well as fatigue can change loading on the L5-S1 
intervertebral space, and subsequently change the pressure on the intervertebral disc. 
Prevalence of Low Back Pain/Injury 
In society, the prevalence of low back pain is widespread, affecting 70-85% of 
individuals in industrialized countries at some point during their lifetime (Andersson, 
1999).  Low back injuries are also very costly (Vogt, Pfeifer, Portscher, & Banzer, 2001) 
resulting in direct costs of 12-90 billion dollars per year (Druss, Marcus, Olfson, & 
Pincus, 2002; Luo, Pietrobon, Sun, Liu, & Hey, 2004).  As a result, much effort has been 
made to research spine/trunk anatomy, loading within the lumbar spine, and the etiology 
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of low back injuries in an effort to prevent or minimize pain when possible.  Primary 
emphasis has been placed on studying low back function during movements that 
incorporate load carriage and/or performing bending/twisting, or lifting, motions such as 
seen in the workplace (Cholewicki, McGill, & Norman, 1995; Goh, Thambyah, & Bose, 
1998; Granata & Marras, 1993; Granata & Marras, 1995; Kong, Goel, & Gilbertson, 
1998; Marras & Granata, 1997a; Marras & Granata, 1997b; McGill, 1992). 
Anthropometry and/or lifestyle have also been examined in relation to the risk of 
developing low back pain.  Specifically, a meta-analysis of obesity related low back pain 
studies has shown that obese individuals have a greater likelihood of seeking care for 
chronic low back pain than non-overweight individuals (OR: 1.43, 95% CI: 1.28-
1.60)(Shiri, Karppinen, Leino-Arjas, Solovieva, & Viikari-Juntura, 2010).  When 
examining running injuries, research studies have estimated that between 3-15% of 
injuries originate in the low back (Jacobs, & Berson, 1986; Taunton, Ryan, Clement, 
McKenzie, Lloyd-Smith, & Zumbo, 2002; Taunton, Ryan, Clement, McKenzie, Lloyd-
Smith, & Zumbo, 2003). 
Low Back Injury Risk Associated With Running 
While the number of injuries at the low back associated with running should not 
be discounted, the relatively small percentage of low back related injuries seems to 
suggest that running does not carry with it a great inherent risk of damaging low back 
structures.  A recent review of the literature investigating the impact of different types of 
loading/exercise on the intervertebral disc has suggested that upright exercises which 
primarily load the disc axially, such as walking or running, are likely to lead to positive 
changes within the intervertebral disc (Belavý, Albracht, Bruggemann, Vergroesen, & 
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van Dieën, 2016).  Furthermore, exercise therapies which incorporate aerobic exercise, 
strength training, and flexibility training, have been shown to reduce pain and improve 
low back function among those affected with chronic low back pain (Hayden, Van 
Tulder, Malmivaara, & Koes, 2005).   
The aforementioned research would seem to suggest that running has the potential 
to be used as a tool to help improve low back health, or that at a minimum it does not 
pose enough of an injury risk to advocate that at risk individuals abstain from 
participating in a running training program.  However, while the aforementioned research 
leads to the potential conclusion that running may be beneficial for structures within the 
low back, it should not be assumed that there is a lack of risk.  Repetitive loading at sub-
maximal levels has the potential to cause end plate damage, which can lead to 
degeneration of the intervertebral disc (Hansson, Keller, & Spengler, 1987).  
Additionally, relatively little research has been performed examining the nature of the 
intervertebral disc stress response during running, thus while running may provide a 
benefit to some structures within the low back it cannot be stated definitively. 
While running in and of itself may not prove to be detrimental to structures of the 
low back, research has shown a negative correlation between physical activity levels and 
disability when evaluating individuals with chronic low back pain (Lin, McAuley, 
Macedo, Barnett, Smeets, & Verbunt, 2011).  This would indicate that when physical 
activity is higher among individuals with low back pain, the level of disability for those 
individuals is lower, while a high level of disability is associated with lower physical 
activity levels.  This research can lead to a number of different conclusions.  One 
possibility is that even if running is of a primary benefit to the low back, pre-existing 
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pain/disability can deter individuals from participating in a running training program.  
Another possibility is more causative in nature as it could be postulated that low levels of 
physical activity lead to the development of low back pain.  Regardless of the true cause 
of this correlation, and due in part to the many potential benefits associated with running, 
and the prevalence and problems associated with low back pain, it is of a primary interest 
to investigate loading within the low back during running.  Currently, this interest 
involves assessing the differences at the low back when running with different speeds, 
stride lengths, with different running styles, or in the presence of fatigue, so that 
clarification can be provided regarding the nature of the risk to the low back that can be 
associated with these changes.  As damage to tissues within the joints of the back is a 
potential cause of low back pain, it is also of interest to study the response of tissues, 
such as the intervertebral disc and end plates, to the loading present during running. 
Changes Associated With Running Modifications 
As there is interest in determining how differences in running form/speed and 
fatigue can affect structures within the low back, it is necessary to be cognizant of 
changes that have previously been associated with these differences.  As changes due to 
differences in running speed and/or form are not exclusive to the low back, 
biomechanical differences across multiple body segments and joints will be examined. 
Forefoot vs rearfoot running 
The manner in which the foot strikes the ground has been commonly studied in 
recent running literature as barefoot or minimalist running has gained popularity over the 
past 10-15 years.  Previously, a decrease in range of motion at the low back was reported 
when runners switched from running with a rearfoot strike to a forefoot strike (Delgado, 
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Kubera-Shelton, Robb, Hickman, Wallmann, & Dufek, 2013).  However, a subsequent 
four week training study in which rearfoot strike runners were trained to run with a 
forefoot/minimalist style observed no differences in lumbar range of motion following 
training (Lee, Bailey, Smith, Barton, Brown, & Joyce, 2016).  Rearfoot strike runners 
have also been reported to experience greater amounts of pelvic drop then forefoot strike 
runners, although the magnitude of the difference is relatively small (<1°)(Boyer & 
Derrick, 2015). 
Excluding previously mentioned research, studies examining rearfoot and forefoot 
strike running have generally examined variables that are not directly related to the low 
back.  When examining the length and timing of the running gait pattern it was found that 
runners who run with a forefoot strike running style tend to adopt a shorter preferred 
stride length (Diebal, Gregory, Alitz, Gerber, 2012; Gruber, Umberger, Braun, Hamill, 
2013), and a narrower step width (Boyer & Derrick, 2015) than when running with a 
rearfoot strike.  Running cadence has also been shown to increase, with a decrease in foot 
to ground contact time when switching from a rearfoot strike to a forefoot strike running 
pattern (Diebal, et al. 2012).  Research investigating kinematic changes at joints other 
than the low back has observed that rearfoot strike running tends to result in the adoption 
of a running posture in which the knee experiences less flexion, and the hip experiences 
more flexion, compared to forefoot strike running (Shih, Lin, & Shiang, 2013).  Tibial 
acceleration has been reported to be greater when running with a forefoot strike 
(Laughton, Davis, Hamill, 2003), and with a rearfoot strike (Delgado, et al. 2013), 
indicating that the ground contact pattern/style may not be the primary determinant of 
lower extremity acceleration. 
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Kinetic variables are also commonly studied when comparing rearfoot and 
forefoot strike runners.  Vertical impact peak, and vertical loading rate are some of the 
most commonly studied kinetic variables, with forefoot running generally characterized 
by a lack of a vertical impact peak (Cavanagh & LaFortune, 1980; Giandolini, Arnal, 
Millet, Peyrot, Samozino, Dubois, Morin, 2013; Novacheck, 1998; Oakley & Pratt, 
1988), and lower vertical loading rate (Kulmala, Avela, Pasanen, Parkkari, 2013; Oakley 
& Pratt, 1988).  It should be noted that while forefoot running tends to cause a reduction 
in these variables, there is a notable anterior/posterior impact peak visible in forefoot 
running data that is not present in rearfoot strike runners (Boyer, Rooney, & Derrick, 
2014). 
When examining joint loads at various locations within the body, some evidence 
has indicated that knee joint loads are reduced when running with a forefoot strike as 
compared to a rearfoot strike, with a corresponding reduction in the peak knee abduction 
moment (Kulmala, et al. 2013).  Further comparison of joint moments between forefoot 
and rearfoot running has also recorded differences in the sagittal and transverse ankle 
joint moments (Boyer, 2015), as well as peak hip joint moments in the frontal(Kulmala, 
et al. 2013), transverse, and sagittal planes (Boyer, 2015).  As muscular contractions play 
a role in determining joint loads and moments, additional research has examined muscle 
activity during running, with anterior muscles of the leg being reported to potentially 
have reduced activity in forefoot strike runners, while some posterior leg muscles may 
exhibit greater muscle activation (Ahn, Brayton, Bhatia, & Martin, 2014; Shih, et al. 
2013; Yong, Silder, & Delp, 2014). 
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Running speed 
Research examining differences between running speeds has not been studied as 
extensively in the recent past as has research examining ground contact patterns, however 
there is still a large body of research in this area.  Some early research found that as 
running speed increases, there is increased knee flexion at ground contact (Mann & 
Hagy, 1980), as well as during the middle and late portions of the swing phase (Pink, 
Perry, Houglum, Devine, 1994).  The hip also tends to display greater flexion (Mann & 
Hagy, 1980; Pink, et al. 1994), while the ankle has been viewed to be in a position of 
greater plantar flexion at ground contact (Mann & Hagy, 1980).  In the low back and 
pelvis, an increased sagittal and transverse range of motion have been observed when 
running speed increases (Preece, Mason, & Bramah, 2016).  Additionally, as running 
speed increases both stride rate and stride length increase.  A greater increase in stride 
length is a greater determinant of the increase in speed initially, however as speed 
increases further, increases in stride rate account for a larger portion of the increase in 
running speed (Luhtanen, & Komi, 1978). 
Kinetic data from research examining the association between running at various 
speeds has also been collected, with peak joint moments (Hamner & Delp, 2013; 
Novacheck, 1998), and peak ground reaction forces (Weyand, Sternlight, Bellizzi, 
Wright, 2000; Hamner & Delp, 2013) generally found to increase as speed increases.  
Among joint moments, the peak ankle plantar flexion moment and the peak hip flexor 
torque have recorded more marked increases when running speed increases (Hamner & 
Delp, 2013; Novacheck, 1998).  Additionally, there is also a marked increase in sagittal 
plane hip and ankle power during sprinting (Novacheck, 1998). 
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Stride length/rate 
As mentioned previously, both stride length and stride rate change as the speed of 
running increases (Luhtanen, & Komi, 1978) and are interconnected, while the adoption 
of a forefoot strike running pattern can also lead to changes in stride length/rate (Diebal, 
et al. 2012; Gruber, et al. 2013).  At any given speed a change in one of those variables 
will invariably lead to a change in the other.  Thus, an increase in step rate will cause a 
decrease in step length at a given speed, and vice versa, which can lead to both kinematic 
and kinetic changes for the runner. 
According to a systematic review of running literature, when observing kinematic 
changes due to changes in step rate, the knee is the joint that is most affected.  When step 
rate is increased the knee maintains greater flexion at ground contact, with lower peak 
flexion during the stance phase (Schubert, Kempf, & Heiderscheit, 2014).  The ankle and 
hip are also affected, with the ankle maintaining greater plantar flexion at ground contact, 
and the hip experiencing lower peak flexion and adduction during early stance when the 
step rate is increased (Schubert, et al. 2014).  Recent research observed that step width 
increased, pelvic drop decreased, peak hip adduction decreased, and peak ankle eversion 
decreased with a concurrent decrease in stride length (Boyer & Derrick, 2015). 
Kinetic variables are also affected by changes in stride length/rate.  Peak vertical 
ground reaction forces tend to be lower with a shorter stride length/increased stride rate, 
and higher when stride length is longer (Schubert, et al. 2014; Thompson, Gutmann, 
Seegmiller, & McGowan, 2014).  Anterior-posterior ground reaction forces are also 
affected, as an increased stride length tends to result in greater peak anterior-posterior 
ground reaction forces (Thompson, et al. 2014).  Joint moments have also had observable 
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differences when comparing different stride lengths during running.  A 10% reduction in 
preferred stride length has been shown to decrease the peak sagittal plane knee joint 
moments during running (Firminger, & Edwards, 2016), while a 10% increase in 
preffered stride length has been observed to increase peak sagittal plane ankle and knee 
joint moments (Thompson, et al. 2014). 
Some additional variables studied in research involving manipulations of stride 
length include impulse, work, and acceleration.  When examining impulse it was 
observed that the cumulative impulse associated with running a 5 kilometer distance 
increases at the ankle joint, but decreases at the knee joint with a 10% reduction in stride 
length (Firminger, & Edwards, 2016).  Observations regarding work indicate that 
concentric work decreases at both the ankle and knee joints when stride length is reduced, 
while eccentric work only decreases at the knee with stride length reduction (Firminger, 
& Edwards, 2016).  There is a linear trend associated with stride length and peak tibial 
accelerations, with increased stride length leading to increased peak acceleration 
(Schubert, et al. 2014). 
Fatigue 
 Fatigue can be defined and classified in different ways, including classification 
based upon reduced central nervous system neural output known as central fatigue 
(Nicol, Komi, & Marconnet, 1991; Taylor & Gandevia, 2008), or decreasing performance 
and muscle strength (Edwards, 1983; Giandolini, Gimenez, Temesi, Arnal, Martin, Rupp, 
… Millet, 2016), or physiological changes such as reduced muscle glycogen and 
increased lactate (Alghannam, Jedrzejewski, Tweddle, Gribble, Bilzon, Thompson, … 
Betts, 2016) known as peripheral fatigue.  For our purposes, no distinction will be made 
10 
 
differentiating between different types of fatigue as any fatiguing protocol should include 
a mix of multiple fatigue classifications, even if a single type of fatigue is predominant. 
 Multiple kinematic variables have been shown to change during running as a 
result of fatigue.  The angle of foot dorsiflexion at ground contact has been shown to 
decrease in the presence of dorsiflexor fatigue, while fatigue of invertor muscles leads to 
a less inverted position of the foot at ground contact (Christina, White, & Gilchrist, 
2001).  Additionally, impact acceleration and shock attenuation have been shown to 
change as a result of fatigue, with reports that impact accelerations increase (Mizrahi, 
Verbitsky, & Isakov, 2000; Verbitsky, Mizrahi, Voloshin, Treiger, & Isakov, 1998) as a 
result of fatigue, while shock attenuation has been reported both to decrease (Mercer, 
Bates, Dufek, & Hreljac, 2003) and increase (Derrick, Dereu, & Mclean, 2002) following 
fatigue.  Additionally, an investigation of spatio-temporal characteristics of running has 
found that stride length increases (Derrick, et al. 2002; Gerlach, White, Burton, Dorn, 
Leddy, & Horvath, 2005) with a decreased stride rate (Gerlach, et al. 2005; Verbitsky, et 
al. 1998) during fatigued running. 
 Running kinetics have also been shown to change resultant to fatigue.  Fatigue has 
been shown to decrease the magnitude of the ground reaction force following fatigue 
(Christina et al. 2001; Gerlach, et al. 2005).  Loading rate has been shown to both 
increase (Christina, et al. 2001) and decrease (Gerlach, et al. 2005) due to fatigue, 
however this may be related to the specific muscles that have become fatigued over the 
course of the exercise (Christina, et al. 2001).  Research also indicates that runners who 
have been injured within the past year are more likely to experience higher ground 
reaction forces over time than non-injured runners (Gerlach, et al. 2005).  It is unknown if 
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the higher ground reaction forces were the cause of the runner’s injuries, or if they 
developed following these injuries. 
 When examining muscular contractions and fatigue during running, one study 
found that imbalances in tibialis anterior and gastrocnemius muscle contractions were 
associated with fatigue (Mizrahi, et al. 2000).  This study concluded that concurrent 
imbalances in muscle contraction along with increased tibial acceleration would 
potentially cause increased bending stress on the tibia (Mizrahi, et al. 2000).  This 
conclusion is not supported by recent research utilizing the finite element method which 
has recorded decreased bone strains within the tibia following fatigue (Burnett, 2017). 
Low Back Kinematics During Running 
While the current primary interest lies in understanding how the low back is 
loaded during running, some preliminary running research has investigated trunk and 
pelvis kinematics (Hart, Kerrigan, Fritz, & Ingersoll, 2009; Levine, Colston, Whittle, 
Pharo, & Marcellin-Little, 2007; MacWilliams, Rozumalski, Swanson, Wervey, Dykes, 
Novacheck, & Schwartz, 2014; Preece, et al. 2016; Schache, Blanch, Rath, Wrigley, & 
Bennell, 2002; Seay, Van Emmerik, & Hamill, 2011; Williams, 1985).  When running, a 
forward lean of the trunk and anterior tilt of the pelvis have been observed (Levine et al. 
2007; Preece, et al. 2016; Schache et al. 2002; Williams, 1985).  The pelvis first rotates 
posteriorly in the sagittal plane about a medial-lateral axis following ground contact, 
prior to tilting in the anterior direction, and finally returning almost to a neutral position 
at toe off (MacWilliams, et al. 2014).  An average inclination of the trunk 4°-7° greater 
than in a neutral position has been observed at both initial ground contact and toe off, 
with maximum trunk lean reaching 12°-13° during mid-stance (Williams, 1985).  Trunk 
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angles tend to increase due to increases in speed (Preece, et al. 2016; Seay et al. 2011), 
surface inclination (Levine et al. 2007), and following fatigue (Hart et al. 2009).  Range 
of motion of the trunk and pelvis increases when subjects are running as opposed to 
walking (Levine et al. 2007; Seay et al. 2011), with average range of motion varying 
from approximately 10°-21° (Levine et al. 2007), and an average angle of lordosis at the 
low back between 22° (Schache et al. 2002) and 26° (Levine et al. 2007). 
Coordination between the motion of the trunk and the pelvis has also been found 
to be high, as frontal and transverse plane rotations are highly correlated between the two 
segments (Schache et al. 2002; Seay et al. 2011).  Among individuals with a prior history 
of low back pain, the variability of this coordination is reduced, even when pain is no 
longer present, with a greater percentage of rotation between segments occurring in-phase 
(Seay et al. 2011).  The magnitude of transverse plane range of motion in the trunk also 
decreases when low back pain is present (Müller, Ertelt, & Blickhan, 2015). 
Low Back Forces/Moments During Running and Walking 
Aside from research investigating kinematics, additional research has been 
performed which has estimated joint reaction forces and moments at the L5-S1 joint 
during running with varying stride lengths (Seay, Selbie, & Hamill, 2008).  In this study a 
rigid body model was created of the lower extremity and trunk with calculations of 
inverse dynamics being applied in order to determine joint reaction forces and moments.  
In performing these calculations a virtual estimate of the L5-S1 joint location was derived 
by creating a virtual point located 5% along a line connecting an external marker placed 
over the L5-S1 joint, and the mid-point between the right and left Anterior Superior Iliac 
Spine (ASIS).  Participants ran over a force platform at 3.83 m/s under conditions 
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representing their preferred stride length, as well as plus or minus 20% of their preferred 
stride length.  The results of this research found that peak L5-S1 vertical joint reaction 
forces and sagittal plane L5-S1 joint moments increased as stride length increased during 
running, while the initial vertical force at ground contact was also greater when stride 
length increased (Seay, et al. 2008).  As this research did not estimate the magnitude of 
L5-S1 contact forces, and no additional research has been performed examining low back 
joint moments or forces during running, additional research is necessary in order to 
further understand the joint kinetics within the L5-S1 joint during running. 
While there is a scarcity of running related research investigating the forces 
within the low back, prior research has been conducted which has estimated joint 
moments and forces within other lower extremity joints during running (Firminger, & 
Edwards, 2016; Rooney, & Derrick, 2013; Thompson, et al. 2014), with additional 
research estimating low back contact forces and moments having been previously 
performed during walking (Callaghan, Patla, & McGill, 1999; Goh, et al. 1998).  The 
walking research by Callaghan et al. utilized a combined inverse dynamics and EMG 
driven model to estimate muscle forces due to an inability to derive accurate muscle 
forces from optimization routines which used only joint moments calculated via inverse 
dynamics.  This was thought to occur in large part due to inaccuracies associated with 
assumptions of symmetry related to the estimated hip joint moments used during the 
double support phase of stance (Callaghan, et al. 1999).  Peak joint contact forces during 
walking were estimated to be as low as 1.5 times body weight, or as much as 3 times 
body weight depending on the subject/walking cadence (Callaghan, et al. 1999), while 
research without an EMG component added to the inverse dynamics estimated joint 
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contact forces to range between 1.4 and 2.1 times body weight (Khoo, Goh, & Bose, 
1995).  Research by Goh et al. utilized a simplified inverse dynamics model in which 
lumbosacral forces were calculated based only on sagittal plane forces and moments 
(Khoo, et al. 1995).  In this research, the sagittal hip moment was used in conjunction 
with kinematics of the hip and pelvis to estimate abdominal pressure, with compressive 
force due to musculature being subsequently derived from this estimation (Goh et al. 
1998). 
Muscle Modeling Within the Low Back 
In order to determine joint contact forces within the low back, it is important to 
determine the strength of relevant muscular contractions, and as such an understanding of 
the anatomy of the trunk musculature is important.  Some primary muscle groups within 
the trunk that cross the joints within the low back include the rectus and transverse 
abdominis, internal and external obliques, erector spinae, multifidus, and quadratus 
lumborum, among others.  The psoas major muscle group also cross the joints of the low 
back, in addition to that of the hip.  Early research using CT scans at the L4-L5 joint level 
to investigate the physiologic cross sectional area (PCSA) of trunk muscle groups 
estimated that the psoas major accounts for the greatest percentage of trunk muscle area 
at this location (26.6%).  Additional muscle groups accounted for in these estimates 
include the erector spinae (24.2%), external oblique (14.3%), internal oblique (12.5%), 
rectus abdominis (12.7%), multifidus (6.4%), and transverse abdominis (4.4%), with 
muscle groups such as the quadratus lumborum being notably absent due to an inability 
to localize them on the CT scans (McGill, Patt, & Norman, 1988).  While the psoas major 
accounted for the greatest percentage of the estimated total muscle area at the L4-L5 
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trunk level, it was estimated that a relatively small joint extension moment would be 
produced by this muscle group due to its small muscle moment arm relative to the joint 
center (McGill, et al. 1988).  Some of the error associated with trunk muscle modeling is 
evident when examining research that has studied trunk PCSA using cadavers (Delp, 
Suryanarayanan, Murray, Uhlir, & Triolo, 2001; Farfan, 1973; Ward, Kim, Eng, 
Gottschalk, Tomiya, Garfin, & Lieber, 2009), and then comparing those values to those 
derived from studies utilizing CT scans to estimate PCSA (McGill, et al. 1988; Reid, & 
Costigan, 1985; Stokes, & Gardner-Morse, 1999).  Cadaver measurements tend to be 
obtained from individuals that are older and sicker than in the population at large 
(McGill, et al. 1988), thus, estimates of muscle PCSA tend to be greater when performing 
measurements using CT scans than when performing measurements on cadavers (McGill, 
et al. 1988; Delp, et al. 2001).  This is not always the case, as CT scans taken at a single 
location can overestimate/underestimate the true muscle PCSA as muscle area is not 
always consistent across the length of the muscle (Stokes, & Gardner-Morse, 1999), 
leading to instances when a cadaver model will provide a greater estimate of PCSA.  This 
can be seen when viewing research by Ward, et al. (2009), in which the multifidus PCSA 
was derived from cadavers, and reported to be 23.9 cm2, while research by McGill, et al. 
(1988) which only used a single CT scan to estimate muscle PCSA recorded a multifidus 
cross sectional area of only 8.3 cm2. 
Several attempts have been made to estimate muscle parameters for the various 
muscle groups within the low back.  A detailed musculoskeletal model of the trunk 
containing 238 individual muscles (Christophy, Senan, Lotz, & O’Reilly, 2012) has been 
developed for use with Open-Sim software (Delp, Anderson, Arnold, Loan, Habib, John, 
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Guendelman, & Thelen, 2007), while lower extremity models (Delp, Loan, Hoy, Zajac, 
Topp, & Rosen, 1990; Hamner, Seth, & Delp, 2010), and trunk imaging (Stokes, et al. 
1999) have also been utilized in order to develop simplified measurements of trunk 
musculature.  These muscle models contain estimations for the origins and insertions of 
each muscle modelled, as well as estimations for maximum isometric muscle force, 
muscle pennation angle, optimal fiber length, tendon slack length, and maximum 
contraction velocity.  Estimations for muscle moment arms can be obtained within Open-
Sim from these models based upon the predefined muscle origins/insertions and body 
segment rotations in the sagittal, frontal, and transverse planes.  Parameters extracted 
from these models can be used in conjunction with optimization routines in order to 
estimate muscle forces within the trunk, by calculating the minimum sum of the stresses 
squared for each muscle group, which can be used to calculate joint contact forces.  A 
limitation of optimization lies in the determination of muscle forces based on previously 
calculated joint moments, as this tends to underestimate the magnitude of muscular co-
contractions when the calculated joint moment is low in magnitude, and as a result will 
tend to underestimate the magnitude of the joint contact forces (Cholewicki, et al. 1995). 
One common method for estimating muscle forces in vivo has involved the use of 
EMG driven modeling, as was previously mentioned in relation to the estimation of joint 
contact forces during walking (Callaghan, et al. 1999).  These models utilize many of the 
same muscle parameters used by the previously mentioned musculoskeletal models, in 
conjunction with measures of muscle stimulation derived via surface or fine wire EMG 
electrodes.  These models have been utilized to estimate muscle and joint contact forces 
within the low back in a variety of situations including while performing bending tasks 
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(Marras, & Granata, 1997a), lifting tasks (Marras, & Granata, 1997b), back extensions 
(Granata, & Marras, 1993), or during isometric loading (Cholewicki, et al. 1995), in 
addition to walking.  A limitation of many of these studies involves the lack of joint 
reaction forces due to ground contact being accounted for when calculating contact 
forces, as many studies have utilized a top down modeling approach, leading to an 
underestimation of the force generated within the joint (Callaghan, et al. 1999).  Another 
limitation lies in the inability to record muscle stimulation from the entire muscle group 
that is being tested, as the EMG signal recorded from a small area, or single muscle fiber 
in the case of fine wire EMG, is generally assumed to be representative of the signal 
within the entire muscle.  Additional error can be associated with surface EMG electrodes 
potentially recording muscle stimulation from surrounding or deeper muscle groups. 
Finite Element Modeling of the Intervertebral Disc 
In an effort to determine the effect of estimated joint contact forces on the 
structures within the low back, some researchers have turned to finite element modeling.  
Finite element modeling first involves the creation of a geometric model which 
approximates the geometry of a particular body, such as the vertebrae or discs.  The 
model itself is made up of many different points known as nodes, while groups of nodes 
comprise elements within the model.  When force is applied to the model during a finite 
element analysis, one can estimate the magnitude of multiple different variables, 
including stress, strain, and pressure at the location of each individual element, allowing 
for estimations of how the body being tested would respond to the force being applied.  
Of the studies performed, a focus has been placed on studying the intervertebral disc 
(Jacobs, Cortes, Peloquin, Vresilovic, & Elliott, 2014; Malandrino, Planell, & Lacroix, 
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2009; Schroeder, Wilson, Huyghe, & Baaijens, 2006; Wang, Parnianpour, Shirazi-Adl, 
Engin, Li, & Patwardhan, 1997), or both the intervertebral disc and the bony structures 
within the vertebrae (Cheung, Zhang, & Chow, 2003; Ehlers, Karajan, & Markert, 2009; 
Guan, Yoganandan, Zhang, Pintar, Cusick, Wolfla, & Maiman, 2006; Kong, et al. 1998; 
Kuo, Hu, Lin, Huang, Lin, Zhong, & Hseih, 2010; Lavaste, Skalli, Robin, Roy-Camille, 
& Mazel, 1992; Williams, Natarajan, & Andersson, 2007).  Recent models of the 
intervertebral disc have primarily utilized bi-phasic material properties (Schroeder, et al. 
2006; Jacobs, et al. 2014; Ehlers, et al. 2009) in order to account for fluid flow that goes 
into and out of the intervertebral disc and surrounding tissue.  Many bi-phasic models 
tend to utilize idealic or simplified disc geometry, in performing the finite element 
analysis (Schroeder, et al. 2006; Ehlers, et al. 2009), while a more recent model has 
determined disc geometry based upon imaging of cadaver specimens (Jacobs, et al. 
2014).  Among models that only studied a single joint location within the lumbar spine, 
the L4-L5 joint and corresponding intervertebral disc were the most commonly studied, 
while the L4-L5 and L5-S1 joints tend to experience the greatest number of lumbar disc 
herniations (Khoo, et al. 1995). 
All finite element models need to be validated in order to verify their relative 
accuracy in relation to how the intervertebral disc would respond in-vivo.  This can be 
problematic as determining precise in-vivo behavior of the spine and intervertebral discs 
is difficult.  Much of the available knowledge regarding intervertebral disc material 
properties has been obtained via cadaver testing, however following death muscle tension 
is lost, which allows the intervertebral disc to absorb additional fluid from surrounding 
tissue, affecting intradiscal pressure (Adams, Burton, Bogduk, & Dolan, 2002).  The 
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storage temperature of cadaver specimens can also change the mechanical properties of 
the tissue, leading to further difficulty when attempting to validate models using cadaver 
testing (Adams, et al. 2002).  As a result, model validation using in-vivo studies 
performed on humans would seem to be necessary in addition to research performed on 
cadavers, with in-vivo testing being necessarily limited due to the inability to harm living 
subjects.  Additionally, due to the complicated behavior of intervertebral disc material 
properties as well as technological constraints involved with modeling research, 
simplified disc material properties and procedures have been developed.  This 
simplification further establishes the need for model validation in order to ensure that the 
natural behavior of the disc is not compromised by the simplification of the model. 
Due to the aforementioned constraints associated with intervertebral disc model 
development, this has primarily occurred through the simulation of hypothetical loading 
conditions.  Some loading conditions utilized previously include creep loading which 
simulates the slow deformation that is produced in the disc when a constant load is 
applied, and ramp loading when the force applied to the disc is slowly increased across 
time (Jacobs, et al. 2014).  The use of ramp loading is likely not appropriate when 
studying failure mechanisms of the disc as the rate of loading should be applied quickly 
in a physiologically reasonable timeframe in order to assure that deformation of the disc 
is generated mechanically and not related to additional creep deformation (Adams, et al. 
2002). 
A previous study by Tyrrell (Tyrrell, Reilly, & Troup, 1985) which measured the 
percent change in trunk length over time during a repeated load bearing exercise has also 
been used for model validation.  Model validation has been performed by assuring that 
20 
 
the percent reduction in disc height during simulations was similar to the estimation of 
disc height reduction based upon the reduction in trunk length in Tyrrell’s data 
(Malandrino, et al. 2009; Williams, et al. 2007).  It is also possible to verify the 
performance of finite element models through the use of in-vivo pressure data recorded 
using a pressure gauge inserted directly into the intervertebral disc of a single participant.  
In one particular study, the pressure gauge was inserted into the L4-L5 disc, after which 
an individual performed many different activities over the course of a 24 hour period 
(Wilke, Neef, Caimi, Hoogland, & Claes, 1999).  If finite element models estimate 
similar levels of pressure on the intervertebral disc during equivalent activities then it can 
be hypothesized that the model is ecologically accurate. 
Model Validation Based Upon Kinematic Constraints 
An additional method of model validation can occur through constraining the 
model based upon kinematics.  There tends to be variation in the magnitude of 
segmental/joint range of motion within the spine, and as such results from multiple 
studies are presented for comparison.  Research using x-ray imaging has indicated that 
the maximum range of motion for the L5-S1 joint is approximately 13 degrees for 
flexion/extension, 1 degree for lateral bending, and 0.5 degrees for axial rotation (Pearcy, 
Portek, & Shepherd, 1984; Pearcy, & Tibrewal, 1984).  A study of in-vivo kinematics of 
the lumbar spine has reported that during walking the mean range of motion at L5-S1 for 
an entire stride was 4.26 degrees in the sagittal plane, 3.46 degrees in the frontal plane, 
and 4.46 degrees in the transverse plane (Rozumalski, Schwartz, Wervey, Swanson, 
Dykes, & Novacheck, 2008), while in-vitro testing of a cadaveric spine has resulted in a 
total range of motion of 10 degrees for flexion/extension, 8 degrees for lateral bending, 
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and 3 degrees for axial rotation (Renner, Natarajan, Patwardhan, Havey, Voronov, Guo, 
Andersson, & An, 2007).  A single study has been performed examining in-vivo motion 
of the individual vertebrae during running using in dwelling bone pins (MacWilliams, et 
al. 2014).  Results of this study for the L5-S1 intervertebral joint are presented in Figure 
1.1.  Peak L5-S1 angles during stance representing ± 1 standard deviation from the mean 
appear to be no greater than approximately ± 2-2.5 degrees in the frontal and sagittal 
planes, and ± 1-1.5 degrees in the transverse plane (MacWilliams, et al. 2014). 
 
Figure 1.1  Triplanar running (orange) and walking (gray) intersegmental angles (º). 
Error bands represent ± 1 standard deviation from the mean. Positive sagittal plane 
motion is forward flexion. Positive frontal plane motion is lateral flexion, negative is 
contralateral lateral flexion. Positive transverse rotation is a relative inward segment 
rotation. Plots begin (0%) and end (100%) at initial contact of the foot and vertical lines 
denote foot off (38% run, 61% walk); thus stance phase is represented by the data from 
cycle start to foot off and swing phase from foot off until cycle end.  Adapted from 
MacWilliams, et al. 2014. 
Intervertebral Disc and Spine Geometry 
The geometry of the intervertebral disc and spine is of interest when creating a 
mesh for use with finite element analysis.  As mentioned previously, CT scans of the 
intervertebral disc have been used to approximate three dimensional disc geometry and 
create a finite element mesh at the L4-L5 joint (Jacobs et al. 2014).  Additional research 
has led to approximations of average disc height (Hong, Park, Jung, & Kim, 2010; 
O’Connell, Vresilovic, & Elliott, 2007; Zhou, McCarthy, McGregor, Coombs, & Hughes, 
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2000), width, and depth (Aharinejad, Bertagnoli, Wicke, Firbas, & Schneider, 1990; 
Magnier, Boiron, Wendling-Mansuy, Chabrand, & Deplano, 2009; Zhou, et al. 2000), 
while parametric equations have been developed which approximate the shape of the disc 
in the transverse plane (Little, Pearcy, & Pettet, 2007).  Aharinejad, et al. (1990) found 
that intervertebral discs could be grouped generally into six different size categories.  The 
largest of these categories included discs between 47-57mm in width, and 33-38mm 
depth.  On average, the L5/S1 intervertebral disc tends to be 10-11 mm in height at its 
anterior end (Hong, et al. 2010; O’Connell, et al. 2007; Zhou, et al. 2000), and 6 mm in 
height at the posterior end (Hong, et al. 2010). 
Research investigating the height of the endplates has also been performed (Van 
der Houwen, Baron, Veldhuizen, Burgerhof, Van Ooijen, & Verkerke, 2010; Wang, 
Battié, Boyd, & Videman, 2011) with endplate thickness being the greatest towards the 
center, and tapering off towards the edges (Van der Houwen, et al. 2010).  At L5-S1 the 
average endplate width was approximately 1.42mm on the superior side of the disc, and 
0.76mm on the inferior side of the disc, for an average endplate thickness of 1.09mm 
(Van der Houwen, et al. 2010). Images of the vertebrae have also been obtained in order 
to determine vertebral size and density (Gilsanz, Boechat, Gilsanz, Loro, Roe, & 
Goodman, 1994; Zhou, et al. 2000). 
Intervertebral Disc Material Properties 
Various models of the intervertebral disc and lumbar vertebrae have been created 
previously.  These models generally contain values for material strength, and elasticity, 
while material type, porosity, density, permeability, and stiffness may also be reported 
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depending on the model that is tested.  A breakdown of some of the material properties 
contained in publications reviewed for this dissertation is contained in Table 1.1. 
Hypothesis 
As running tends to primarily load the low back axially, and does not involve 
large amounts of bending or rotation, it seems reasonable to accept the conclusions of 
previous research which theorize that running can provide positive benefits to structures 
within the low back.  However, it has been shown that modifying the runners’ ground 
contact pattern, speed, and/or stride length has the potential to affect joint kinetics within 
various joints in the lower extremity, with a reduction in vertical ground reaction forces 
due to reducing the running stride length.  As running with a forefoot strike running style 
and running at slower speeds tend to decrease the running stride length, there should be a 
tendency for ground reaction forces to also decrease.  Thus, it is hypothesized that due to 
a reduction in vertical ground reaction forces, L5/S1 joint pressures will be reduced by 
running slower, and by running with a forefoot strike pattern.  Furthermore, it is 
hypothesized that when running in a fatigued state, L5/S1 joint pressures will increase 
due to increased trunk inclination leading to an increase in L5/S1 joint moments and 
muscle forces. 
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Table 1.1  Material properties for various finite element models of the intervertebral disc 
and lumbar vertebrae. NP=Nucleus Pulposus; IAF=Inner Annulus Fibrosis; OAF=Outer 
Annulus Fibrosis; CEP=Cartilaginous End Plate; VEP=Vertebral End Plate; VB=Vertebral 
Body; ALL=Anterior Longitudinal Ligament; PLL=Posterior Longitudinal Ligament.  When 
a study does not differentiate between the IAF and OAF, material properties are listed as 
being part of the OAF. 
Publica
tion 
Variable NP IAF OAF CEP VEP VB ALL PLL 
Cheung 
et al. 
2003 
Young’s Modulus 
E (Mpa) 
1.0  500 4.2 25.0 12,000 20.0 70.0 
Poisson’s Ratio v 0.1  0.3 0.1 0.1 0.3 0.3 0.3 
Guan et 
al. 2006 
Young’s Modulus 
E (Mpa) 
1.0 
Hyperel
astic  
Hyperel
astic  
 25 12,000 Spring Spring 
Poisson’s Ratio v 0.499 
Hyperel
astic  
Hyperel
astic  
 0.3 0.3 Spring Spring 
Jacobs 
et al. 
2014 
Young’s Modulus 
E (Mpa) 
0.0649 0.026 0.018 0.305  12,000   
Poisson’s Ratio v 0.24 0.16 0.24 0.18  0.3   
Kong et 
al. 1998 
Young’s Modulus 
E (Mpa) 
1.326 357.5 550 4.2  12,000 7.8 10.0 
Poisson’s Ratio v 0.499 0.3 0.3 0.45  0.3 0.3 0.3 
Kuo et 
al. 2010 
Young’s Modulus 
E (Mpa) 
1.0 360 550 4.2 12,000 12,000   
Poisson’s Ratio v 0.499 0.3 0.3 0.45 0.3 0.3   
Lavaste 
et al. 
1992 
Young’s Modulus 
E (Mpa) 
4.0  2.0  500 12,000 10.0 10.0 
Poisson’s Ratio v 0.499  0.45  0.4 0.3 0.3 0.3 
Malandr
ino et al. 
2009 
Young’s Modulus 
E (Mpa) 
1-1.66  
2.56-
12.29 
5 1,000 12,000   
Poisson’s Ratio v 0.17  0.35 0.17 0.3 0.35   
Schroed
er et al. 
2006 
Young’s Modulus 
E (Mpa) 
0.15  1.5      
Poisson’s Ratio v 0.17        
Wang et 
al. 1997 
Young’s Modulus 
E (Mpa) 
2.0  8.0  24 12,000 Spring Spring 
Poisson’s Ratio v 0.49  0.45  0.4 0.3 Spring Spring 
William
s et al. 
2007 
Young’s Modulus 
E (Mpa) 
1.56 2.56 4.2  20.0 12,000   
Poisson’s Ratio v 0.45 0.4 0.4  0.4 0.3   
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CHAPTER 2.  DEVELOPMENT OF MUSCULOSKELETAL & FINITE 
ELEMENT MODELS AT L5/S1 
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Abstract 
Three dimensional joint moments and reaction forces have previously been 
reported at the L5/S1 joint during running with various stride lengths.  Previous research 
has also utilized finite element analysis to study loading on the intervertebral disc, using 
simplified loading conditions.  However, no previous research has estimated running 
joint contact forces including estimations of force due to trunk musculature that crosses 
the L5/S1 joint, nor has the finite element method been utilized to study the stress 
response of the intervertebral disc during running.  The purpose of this study was to 
develop musculoskeletal and finite element models of the L5/S1 joint and intervertebral 
disc which can be utilized to estimate differences between various running styles, and 
speeds, and/or fatigue.  Study participants were first instrumented with retro-reflective 
markers on their right shoe, leg, pelvis, and trunk.  Data was collected during running 
trials using a 3D motion analysis system, and a force platform, with all analyses 
performed using custom Matlab programs.  Estimations of joint kinetics were determined 
by utilizing a rigid body model with inverse dynamics to estimate L5/S1 joint moments 
and reaction forces during stance.  Cylindrical ellipsoids were used to estimate trunk and 
pelvis volumes, with segment densities, centers of mass, and moments of inertia 
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determined according to Pearsall, et al. (1996).  An additional musculoskeletal model was 
then utilized to estimate the physical characteristics of muscles within the trunk.  
Dynamic muscle moment arms were estimated based upon muscle origins, insertions, and 
3D L5/S1 joint kinematics.  An optimization routine was utilized to estimate the muscle 
force within each trunk muscle group by matching the minimum sum of the stresses 
squared to the previously calculated 3D L5/S1 joint moment.  Muscle forces were then 
added to joint reaction forces in order to estimate the L5/S1 joint contact force.  For use 
with finite element analysis, a 2D mesh was created using polynomial equations to 
estimate the shape of the L5/S1 intervertebral disc.  This mesh was extruded vertically, 
and scaled in the transverse plane based on the mass of the participants to represent the 
final size of the L5/S1 disc.  Analyses were performed using the FEBio analysis software, 
with a biphasic Holmes-Mow model being used for analysis.  Four primary materials 
were assigned to the mesh, specifically the nucleus pulposus (NP), the inner annulus 
fibrosis (IAF), the outer annulus fibrosis (OAF), and the cartilaginous end plate (CEP).  
Vertebral bodies were also modelled at the superior and inferior ends of the disc using 
Neo-Hookean material properties.  Previously estimated joint contact forces and 
moments were translated into the L5/S1 coordinate system by rotating them 39 degrees, 
with joint contact forces applied in the center of the superior vertebral body, and joint 
moments applied as force couples at the periphery of the disc.  Joint moments were 
reduced a-priori based upon kinematic constraints in order to estimate the rotational 
forces that were borne by the vertebral pedicles.  A dynamic finite element analysis was 
then performed during the stance period of running in order to estimate the pressure on 
the disc.  The validation of joint moments and reaction forces at L5/S1 was performed by 
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comparing them with values reported by Seay, et al. (2008), while validation was 
performed on the muscle model by comparing the estimated muscle forces for 5 subjects 
to signals obtained via electromyography.  Validation of the finite element model was 
performed by replicating cyclic loading conditions used to validate a previous model 
(Williams, et al. 2007), and by comparing the estimates from the current finite element 
analysis to previous in-vivo measurements. 
Introduction 
Running is a common form of physical exercise undertaken by millions of 
individuals.  The prevalence of injury to runners is high, with 47% of runners in one 
study having reported an injury over a two year period (Jacobs, & Berson, 1986).  While 
the knee is the most commonly injured joint among runners, between 3-15% of running 
injuries are reported to occur at the low back (Jacobs, & Berson, 1986; Taunton, et al. 
2002; Taunton, et al. 2003).  Research involving medical imaging has cautioned against 
the perceived dangers associated with running, as the intervertebral discs experience a 
significant height reduction due to fluid loss during a one hour run (Dimitriadis, Smith, 
Mavrogenis, Pope, Papagelopoulos, Karantanas, Hadjipavlou, & Katonis, 2012).  
However, there does not seem to be an association between the intervertebral disc height 
reduction and pain/injury status among runners (Dimitriadis, et al. 2012; Garbutt, 
Boocock, Reilly, & Troup, 1990), leading to questions regarding whether acute height 
reduction and fluid loss is actually detrimental to disc health.  Additionally, a recent 
review of the literature has concluded that activities of moderate magnitude which 
primarily load the disc axially, such as running, have the potential to provide a benefit to 
intervertebral disc health, and at a minimum should not affect the disc in a deleterious 
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fashion (Belavý, et al. 2016).  Furthermore, while the number of runners experiencing 
low back injuries is not inconsequential, it is unclear if these running injuries are caused 
by running itself, or if these individuals experience back pain, affecting but not caused by 
their training program.  This uncertainty is further compounded by the widespread 
prevalence of low back pain in society, as 70-85% of individuals will be affected by low 
back pain at some point during their lives (Andersson, 1999), with 80% of low back 
injuries being classified as non-specific or of unknown origin (Hua, & Van der Does, 
1994).  As the risks/benefits to the low back and intervertebral disc associated with 
running are unclear, it is of interest to study the in-vivo loading response of the 
intervertebral disc to the forces associated with running. 
In-vivo loading is understandably difficult to measure within the human body.  
When studying the intervertebral disc, a previous study measured in-vivo pressures in a 
single human subject by inserting a pressure sensor into the nucleus pulposus and 
recording the pressures associated with a variety of different activities during a 24 hour 
period (Wilke, Neef, Caimi, Hoogland, & Claes, 1999).  While this study provided 
information that is of great benefit when attempting to understand more about the 
intervertebral disc pressure, including quantifying pressure differences when lifting 
weights with multiple techniques, and adopting multiple sitting postures, the results are 
not generalizable to the population as a whole, while the intrusive nature of the procedure 
could have potentially affected the results.  Cadaver testing has also been utilized to study 
loading on the intervertebral disc.  This type of research is able to provide details 
regarding the ultimate strength of the structures within the low back, as well as to 
simulate simplified loading conditions (Rousseau, Bradford, Hadi, Pedersen, & Lotz, 
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2006), or study spinal motion (Renner, et al. 2007), however it is difficult to recreate the 
dynamic loading conditions and movements that are present during daily activities. 
As a result of the difficulties present when attempting to assess in-vivo loading of 
the intervertebral disc, many researchers have utilized finite element modeling in order to 
assess the disc loading response.  These models are able to provide estimates of in-vivo 
loading that are difficult to assess directly, with some previous research having 
investigated the disc response to hypothetical loading conditions such as swelling 
(Jacobs, et al. 2014), cyclic loading (Williams, et al. 2007), or static loading (Jacobs, et 
al. 2014; Malandrino, et al. 2009; Williams, et al. 2007).  However, the finite element 
method has rarely been used to study dynamic in-vivo loading conditions, as the 
simplified loading conditions of previous research has tended to apply loads over a 
timescale that it not physiologically reasonable, while these models have never been 
utilized to study the dynamic loading associated with running.  It is thus of interest to 
develop musculoskeletal and finite element models that can be utilized to study the 
effects of dynamic activities such as running on the intervertebral disc. 
In order to perform a finite element analysis during running, estimations must be 
made to establish the dynamic loading conditions that are present.  Previous research 
investigating the kinetics of the low back during running has estimated low back 
moments and reaction forces at the L5/S1 joint (Seay, et al. 2008).  Additional research 
has primarily focused on measuring low back kinematics, including notable studies in 
which in-dwelling bone pins were used to track the motion of vertebral segments during 
running (MacWilliams, et al. 2014), and walking (MacWilliams, Rozumalski, Swanson, 
Wervey, Dykes, Novacheck, & Schwartz, 2013; Rozumalski, Schwartz, Wervey, 
39 
 
Swanson, Dykes, & Novacheck, 2008).  No previous research has been performed to 
estimate joint contact forces during running including both the joint reaction force as well 
as muscle forces, however previous research has been performed which estimated joint 
contact forces within the low back during walking (Callaghan, et al. 1999).  Thus, it is of 
additional interest to create a musculoskeletal model which can estimate low back contact 
forces and moments during running in order to establish the loading conditions for a 
finite element analysis. 
Thus, the purpose of this paper is to develop and validate musculoskeletal and 
finite element models of the L5/S1 joint and intervertebral disc.  This is performed in a 
fashion to study differences in the loading response of the intervertebral disc due to 
changes in running form, speed, fatigue, etc. when testing is performed using a repeated 
measures study design. 
Methods 
Data Collection and Instrumentation 
The data used to develop and validate the aforementioned musculoskeletal model 
was collected as part of research studies to be expounded upon in subsequent chapters, 
with participant characteristics to be contained therein.  This data was obtained through 
the use of an 8 camera 3D motion analysis system (200 Hz, Vicon MX, Vicon, 
Centennial, CO), and a force platform (2000 Hz, AMTI, Watertown, MA), with data 
extracted during the stance phase of running when the participants’ right foot was in 
contact with the force platform, with a vertical ground reaction force of greater or equal 
to 20 N.  A standing calibration trial was also recorded.  Retro-reflective markers were 
placed on the right shoe, leg, pelvis, and trunk, after recording various lower extremity 
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anthropometric measurements.  As part of the model validation process, EMG electrodes 
(2000 Hz, Delsys, Natick, MA) were instrumented on the left and right erector spinae, 
and on the left and right external oblique muscles of five participants (27.8±8.9 y, 
81.2±16.8 kg, 1.79±0.06 m, 25.4±10.3 km/w), while two additional participants had data 
collected which was used to validate L5/S1 pressures (s1: 23y, 69.9kg, 1.69m, 40.2km/w; 
s2: 18y, 69.9kg, 1.68m, 22.5km/w). All participants had previously signed institutionally 
approved informed consent documents prior to data collection.  All data processing was 
performed using custom Matlab computer programs (R2015b). 
Inverse Dynamics 
Joint moments and reaction forces were calculated using inverse dynamics.  The 
extracted kinematic and ground reaction force data were first filtered using a fourth order 
zero lag Butterworth filter, and a low-pass cutoff frequency of 20 Hz (Bisseling, & Hof, 
2006).  Virtual markers were created at the ankle, knee, hip, and L5/S1 joints in order to 
estimate the location of the joint centers, with the ankle and knee joint centers estimated 
to be located halfway between medial and lateral ankle/knee markers, the hip joint center 
one quarter of the distance from the right to left hip markers, and the L5/S1 joint center 
estimated to be located at a point lying 5 percent from the external location of L5/S1 
relative to the posterior superior iliac spine (PSIS)(Kim, Ko, Rhee, Lee, Lim, Lee, ... & 
Lee, 2007; Lazennec, Ramare, Arafati, Laudet, Gorin, Roger, ... & Trabelsi, 2000; Xu, 
Ebraheim, Yeasting, Wong, & Jackson, 1995), and the midpoint between markers 
attached to the right and left anterior superior iliac spine (ASIS) (Seay, et al. 2008).  
Helical segment and joint angles were calculated using the kinematic data obtained from 
the 3D motion analysis system.  As estimated joint angles at L5/S1 consisted of motion 
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comprising the entire lumbar region, these joint angles were reduced based upon data 
from Wong (Wong, Luk, Leong, Wong, & Wong, 2006) in order to approximate the 
motion specific to L5/S1. 
The collected anthropometrics were used to estimate segment mass, center of 
mass location, and moment of inertia for the foot, leg, and thigh segments (Vaughan, 
Davis, & O'Connor, 1992).  Cylindrical ellipsoids were used to estimate trunk and pelvis 
volumes by first fitting parametric curves to approximate the transverse area of the trunk 
and pelvis.  This was performed using right and left hip markers, ASIS markers, and PSIS 
markers.  This area was then multiplied by the 
pelvis and mid-trunk heights (Pearsall, Reid, & 
Livingston, 1996) in order to estimate low back 
and pelvis segment volume.  Segment density, 
center of mass location, and moment of inertia 
were estimated for the low back, between the 
T11 and L5 vertebral levels, and for the pelvis, 
according to Pearsall et al. (1996).  Calculations 
for inverse dynamics were then performed using 
rigid body assumptions in order to determine 
estimates of the joint moments and joint 
reaction forces in the proximal segment 
coordinate system.  All forces, moments, and 
angles were interpolated to create estimated 
values for every one percent of the stance phase. 
 
Figure 2.1 Image depicting the 
musculoskeletal model from 
which the initial muscle 
parameters were derived. 
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Muscle Modeling 
The previous estimates for joint angles were used in conjunction with a 
musculoskeletal model of the lower extremity and trunk containing 52 muscles which 
was created by combining multiple musculoskeletal models used in previous research 
(Figure 2.1)(Delp, et al. 2007; Hamner, et al. 2010; Shelburne, Decker, Krong, Torry, 
Philippon, 2010), followed by making additional adjustments to multiple psoas major 
muscle parameters (insertion point, muscle fiber length, and tendon slack length) in order 
to allow for it to cross the L5/S1 joint.  This model was used to estimate muscle insertion, 
origin, fiber length, tendon slack length, and maximum contractile force for all muscles, 
with subject specific scaling of the model taking place based upon segment lengths and 
body mass.  Muscles included in this model which cross the L5/S1 intervertebral joint are 
the right and left external oblique, internal oblique, rectus abdominus, psoas major and 
erector spinae muscles.  Dynamic muscle moment arms, muscle orientations, and 
velocity/length adjusted maximum muscle forces are obtained by determining the 
dynamic locations of the muscle origins and insertions based upon joint kinematics, and 
the location of the joint center.  As theoretical peak muscle forces input into the model 
are typically developed using cadavers from older individuals with less muscle strength, 
the maximum muscle forces are multiplied by 2.5 times in order to assure that there is 
sufficient force generating capacity to adequately match the peak joint moments.  A static 
optimization routine is run for every one percent of stance, estimating the minimum 
muscle force needed to recreate the 3D L5/S1 joint moments by selecting a set of muscle 
forces that minimize the sum of the stresses squared (Pel, Spoor, Pool-Goudzwaard, van 
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Dijke, & Snijders, 2008).  Forces from all of the trunk muscles, crossing the L5/S1 joint 
are summed with the joint reaction force in order to determine the contact force. 
Finite Element Mesh 
As an initial step in the process of performing a finite element analysis, a mesh of 
the L5/S1 intervertebral disc was created.  First, a general outline representing the shape 
of the disc was created using polynomial equations (Little, et al. 2007).  An image was 
generated based upon this outline (Figure 2.2), and was read into a computer program 
designed for approximating bone geometry from CT scans (Kourtis, Carter, Kesari, & 
Beaupre, 2008) which created a 2D mesh of the intervertebral disc.  Each 2D element 
within the mesh was assigned a distinct material such that approximately 30 percent of 
the disc area was comprised of the nucleus pulposus (NP)(O’Connell, et al. 2007), with 
2/3 of the remaining elements assigned to the outer annulus fibrosis (OAF), and 1/3 of the 
remainder assigned to the inner annulus fibrosis (IAF)(Magnier, et al. 2009). 
 
Figure 2.2 Image depicting the initial shape of the intervertebral disc prior to 2D 
mesh generation 
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The 2D mesh was then scaled to represent the dimensions of the intervertebral 
disc at the L5/S1 joint (Magnier, et al. 2009; Zhou, et al. 2000).  In order to establish the 
3D shape of the disc, the 2D mesh was first extruded vertically to the anterior height of 
the L5/S1 disc obtained from the literature (10.7 mm)(Hong, et al. 2010; Zhou, et al. 
2000), with additional elements added to the superior (10 mm) and inferior (1 mm) ends 
of the disc to represent the bone from the vertebrae and sacrum which help to constrain 
disc motion.  Additionally, the material assignments for the three most superior and 
inferior layers of the disc were changed to account for the average thickness of the 
cartilaginous end plate (CEP) across these surfaces of the disc (Van Der Houwen, et al. 
2010).  For the sake of simplicity, the layers of the disc representing the CEP were all 
given a uniform thickness, rather than tapering off towards the edges.  Following disc 
extrusion and material assignment, the height of all elements within the disc were 
reduced uniformly as the disc extended posteriorly in order to reflect the average 
Figure 2.3 Representation of the L5/S1 
intervertebral disc mesh with the majority 
of the superior aspect of the vertebral 
body removed.  NP=blue, IAF=red, 
OAF=yellow, CEP=turquoise, VB=green. 
Figure 2.4 View of the right half of the 
L5/S1 intervertebral disc mesh.  
VB=magenta, CEP=purple, OAF=blue, 
IAF=yellow, NP=green. 
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posterior height of the disc (Hong, et al. 2010).  When performing analyses the disc 
model was scaled further based upon subject mass, using equations from McMahon 
(1973).  The completed 3D mesh with the majority of the superior vertebral body (VB) 
removed can be viewed in Figure 2.3, while a view of the right half of the disc can be 
viewed in Figure 2.4. 
Intervertebral Disc Material Properties 
Material properties were adapted from the literature for the finite element model.  
Biphasic material properties using a Holmes-Mow material were used to model the NP, 
CEP, OAF, and IAF, and were primarily adapted from Jacobs, et al. (2014) and Cortes 
(Cortes, Jacobs, DeLucca, & Elliott, 2014).  The materials adapted from Jacobs are 
necessary in order to perform a biphasic analysis using the FEBio analysis software 
(version 2.4, Salt Lake City, UT) and include a non-linear stiffness coefficient (β), 
hydraulic permeability in the reference state (k0), a non-linear permeability parameter 
(M), and the solid volume fraction in the reference configuration (phi0)(Jacobs, et al. 
2014; Maas, Ellis, Ateshian, & Weiss, 2012).  Young’s modulus (E), Poisson’s ratio (v), 
and material density (d) are also used for analysis, with E, and v obtained from 
Malandrino, et al. (2009), and Williams, et al. (2007), while d was obtained from 
Williams, et al. (2007).  The VB was modeled using a neo-Hookean material with a 
constant isotropic permeability, and as such β and M were not needed for analysis.  For 
the VB, E, v, and d were obtained from Williams, et al. (2007), while k0 and phi0 were 
obtained from Jacobs, et al. (2014).  All material properties used for analysis can be 
viewed in Table 2.1. 
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Finite Element Analysis 
Prior to performing any analyses, the disc is constrained in all dimensions across 
the surface of the inferior VB, while the superior VB is constrained at a single centrally 
located point on the top of the VB, preventing anterior-posterior and medial-lateral 
translation, but allowing for axial rotation.  Prior to applying joint contact forces and 
moments to the finite element mesh, these values are translated into the approximate  
 
coordinate system of the intervertebral disc.  This is performed by translating the values 
39 degrees about a medial-lateral axis in order to approximate the orientation of the 
L5/S1 joint plane relative to the pelvis (Lazennec, et al. 2000).  Axial compressive forces 
on the disc are then reduced by 20% in order to account for the axial force that is 
translated through the vertebral bodies and facet joints (Adams, et al. 2002).  These 
forces are applied to the finite element model at the center of the superior VB. 
The joint moments are applied to the disc by converting them into force couples 
which, when applied to the periphery of the inferior surface of the superior VB, 
Table 2.1 Material properties used with finite element analysis.  Values were obtained 
from Cortes, et al. 2014, Jacobs, et al. 2014, Malandrino, et al. 2009, and Williams, et al. 
2007. 
 NP CEP OAF IAF VB 
E (MPa) 1.56 5.0 4.2 2.56 12,000 
v (unitless) 0.45 0.17 .4 .4 0.3 
d (kg/m3) 1.0 1.0 1.06 1.06 1.0 
β (unitless) 0.95 0.29 3.4 2.1 N/A 
k0 x 10
-16 
(m4/Ns) 
5.5 5.6 47 25 50000 
M (unitless) 1.92 3.79 5.75 3.5 N/A 
phi0 
(unitless) 
0.21 0.379 0.23 0.23 0.42 
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reproduce the joint moment. In order to account for the rotational forces borne by the 
facet joints, the force couples are reduced in magnitude according to a-priori estimations.  
A-priori estimations were performed by extracting the peak joint moments and contact 
forces from a single running trial for each of two individuals, who were chosen from a 
dataset due to their body mass most closely resembling the group mean (66.1 kg).  A 
dynamic finite element analysis was performed using time series data for every one 
percent of stance, applying the reduced joint contact forces, and starting with joint 
moment magnitudes reduced by 10%.  As the rotation of the superior VB due to the joint 
moments exceeded values recorded previously during running (MacWilliams, et al. 
2014), the magnitude of the joint moments were reduced systematically until VB 
rotations due to dynamic loading were less than or equal to ±1.25°, ±1.25°, and ±0.75° 
for flexion/extension, lateral bending, and axial rotation (Pearcy, et al. 1984; Pearcy & 
Tibrewal, 1984; Rozumalski, et al. 2008; MacWilliams, et al. 2014). The percent 
reduction in the joint moment magnitude was then averaged across the two subjects, and 
applied to all data processed by the finite element model.   
Validation 
Validation was performed on the finite element model using multiple tests.  To 
test the performance of the model when simulating pressure on the intervertebral disc 
during running, previous in-vivo pressure data from the L4/L5 intervertebral disc (Wilke, 
et al. 1999) was compared to simulated data obtained from two subjects, with the median 
pressure within the NP during the first 60 percent of stance being compared to the in-vivo 
pressure data.  The two subjects were selected as they both had similar height and weight 
(±1cm/kg) as the subject from Wilke, et al. (1999)(1.68m, 70kg).  60 percent of stance 
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was used for validation as pilot testing determined that the maximum simulated pressure 
occurs during the first half of stance, with both the beginning and end of each trial 
recording simulated pressures at or near the minimum.  As the data collection procedure 
resulted in occasional data loss during the later portions of stance, and maximum pressure 
had already been reached, the last 40 percent of stance was removed.  Even though the 
present model was created at the L5/S1 level, validation using L4/L5 pressure data was 
viewed as reasonable considering the proximity to L5/S1.  As the running speed from the 
previous study was unreported, a running speed of 2.91 m/s was used to compare 
simulated and in-vivo pressure. 
Additional validation of the finite element model was performed by simulating 
conditions of cyclic loading according to Williams, et al. (2007), wherein a preload of 
400 N was applied to the finite element model, followed by an additional compressive 
load of 400 N and a flexion moment of 5 Nm being applied in a linear cyclical fashion 
such that 12 cycles were completed each minute for 20 minutes.  Disc height reduction 
was extracted at one minute intervals in order to make comparisons.  As per Williams, et 
al. (2007) and Malandrino, et al. (2009) it was assumed that the lumbar region accounted 
for one third of total stature loss during the loading condition, with each lumbar 
intervertebral disc accounting for an equal percentage of the total stature loss.  Since the 
previous studies did not report the body height that was used to determine stature loss, the 
mean height from a previously collected dataset was used for calculations of stature 
reduction.  Results of this test were compared with those of a previous finite element 
model (Williams, et al. 2007) as well as those from in-vivo data (Tyrrell, et al. 1985). 
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Validation of muscle modeling during running was performed by comparing 
optimized muscle forces to EMG data collected from 5 study participants using a 
procedure described previously (McClellan & Derrick, 2017).  For the current evaluation, 
comparisons were made for both extensor muscles (erector spinae EMG), and flexor 
muscles (external oblique EMG) within the trunk.  Correlations were calculated 
comparing the ensemble data for each of the muscle groups. 
Validation of the model joint moments was performed qualitatively by comparing 
estimated 3D L5/S1 joint moments from sample data collected on a single subject (21y, 
67.4kg, 1.83m, 80.5km/w) to exemplar L5/S1 joint moment data from previous research 
(Seay, et al. 2008).  This validation was only performed visually to assure that peak 
values were within the same range as the previous data, and that the shape of the 
calculated data was similar. 
Results 
Anthropometric Characteristics, and pressure range during the first 60% of 
running stance are compared between the subjects used to validate in-vivo pressures, as 
well as the subject from Wilke, et al. (1999), and are presented in Table 2.2.  Median 
pressures within the NP can be seen in Figure 2.5.  
Table 2.2 Anthropometrics and simulated L5/S1 disc pressure range for two subjects, 
compared to in-vivo L4/L5 disc pressure from one subject (Wilke, et al. 1999)  
  Anthropometrics Pressure range 
 Age 
(y) 
Height (m) Mass (kg) 
Lower bound 
(MPa) 
Upper bound 
(MPa) 
Subject 1 18 1.68 69.9 0.14 1.73 
Subject 2 23 1.69 69.9 0.37 1.11 
Wilke 45 1.68 70.0 0.35 0.95 
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Figure 2.5  Mean pressure within the NP for 2 participants running at 2.91 m/s. Green 
horizontal bars represent the measured range of in-vivo pressure reported in Wilke, et al. 
1999.  
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Figure 2.7  Percent change in total 
stature over 20 minutes of cyclic loading, 
followed by 10 minutes of standing 
recovery as predicted by finite element 
models, with in vivo results published by 
Tyrrell et al. (1985).  Figure copied from 
Williams, et al. (2007). 
Figure 2.6  Percent change in total 
stature over 20 minutes of cyclic loading, 
as predicted by the current finite element 
model. 
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Reduction in stature during the simulated condition of cyclic loading can be 
viewed in Figure 2.6.  Comparative images representing the reduction in stature from a 
previous model and in-vivo tests is visible in Figure 2.7.  Peak total body stature loss at 
the end of the 20 minute cyclic loading simulation was 0.53%. 
Graphical comparisons between EMG data and optimized muscle activity can be 
viewed in Figure 2.8.  Correlations comparing the different muscle groups were all 
positive and moderate in magnitude.  The extensor muscles had correlations of .48 and 
.39 for the left and right sides respectively, while the flexor muscles had correlations of 
.58 and .59 for the left and right sides. 
 The qualitative validation performed comparing joint moments from a pilot 
subject to previously published data (Seay, et al. 2008) can be viewed in Figure 2.9 and 
Figure 2.10. 
Discussion 
When comparing simulated pressure data for two individuals to data from Wilke, 
et al. (1999) it can be seen that the simulated minima for both participants was similar in 
magnitude to the lower bound from the previous research, while the simulated maxima 
were only similar in magnitude to the upper bound for one of the two participants.  In the 
previous work, intra-disc pressure was also determined during various other exercises, 
with measured pressures as low as 0.10 MPa when lying supine, 1.10 MPa when standing 
from a chair, and up to 2.30 MPa when lifting a 20 kg case of beer.  It should be kept in 
mind that 1) the present simulations are performed at a different vertebral level than that 
used for in-vivo pressure, 2) the running speed used previously is unknown, which has 
the potential to affect the pressure recordings vs simulated pressure, 3) as the previous 
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work was only performed on a single subject it does not take into account potential 
variability among study participants.  Additionally, it should be noted that previous 
research (Adams, McNally, & Dolan, 1996) found a relationship between age related 
degeneration of the intervertebral disc and pressure, with this degeneration resulting in a 
30% reduction in pressure within the disc nucleus.  It is possible that the increased 
simulated pressure within the intervertebral disc in the present study can partially be  
 
Figure 2.8  Group ensemble averages comparing recorded EMG from 5 subjects (blue) 
and determined via an optimization routine (red) in which estimated muscle forces were 
matched to joint moments determined via inverse dynamics. 
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attributed to the idyllic (non-degenerated) disc parameters with testing performed on 
participants who were much younger than the subject form Wilke, et al. (1999).  When 
considering the similarity between the results despite these limitations, it appears that the 
simulated disc pressure values fall within a range that is both reasonable, as well as 
physiologically acceptable. 
Figure 2.9  L5/S1 joint moments derived 
via inverse dynamics from one exemplar 
subject. Figure copied from Seay, et al. 
(2008). 
Figure 2.10  L5/S1 joint moments 
calculated from one subject running at 
2.91 m/s using inverse dynamics.  Note 
the different units of measure when 
comparing this figure with Figure 2.9. 
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Simulated conditions of cyclic loading resulted in a peak loss in total body stature 
that was approximately 37% lower than that of an in-vivo study (Tyrrell, et al. 1985) and 
did not compare as favorably as did a previous simulation of cyclic loading (Williams, et 
al. 2007).  Tyrrell,et al. (1985) also performed additional in-vivo analyses based upon 
stature reductions over a 24 hour period which were simulated both by Williams, et al. 
(2007) and Malandrino, et al. (2009) using various material properties and mesh 
densities.  These analyses recorded simulated differences with Tyrrell, et al. (1985), with 
reductions in total body stature ranging from approximately 50% less to 100% greater 
than the in-vivo measurements.  While keeping this in consideration, the smaller percent 
reduction in total body height under the present simulation falls within a similar range of 
model error variability relative to previous studies. 
Validation of the muscle modeling and optimization data compared to EMG 
resulted in correlation coefficients that were both positive and moderate in magnitude for 
all four muscle groups tested.  It should be noted that the muscle activation derived via 
optimization that is presented in Figure 2.8 accounts for nearly, but not all flexor and 
extensor activation crossing the L5/S1 joint.  Notable exceptions include the rectus 
abdominus not being included among the flexor muscles as it is primarily active during 
the later portions of stance which was not included in the simulation (while EMG was 
collected using electrodes positioned over the oblique muscles), and the psoas muscle not 
being included among the extensor muscles as this muscle was only modelled on the right 
side.  It is important to make this distinction as muscle activation estimated from surface 
EMG sensors, is location specific, and while surface EMG does tend to record muscle 
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activity from some nearby surrounding muscles, it can also fail to record muscle activity 
from deeper muscles, or those which are too far away from the electrode placement site.  
As such, it is not expected that simulated muscle activation and EMG should produce 
identical results.  Additionally, the use of optimization routines without accounting for 
intra-abdominal pressure prior to ground contact has a tendency to underestimate muscle 
forces produced when the applied joint moments are low (Callaghan, et al. 1999).  This 
can partially explain the present discrepancy seen between the optimized muscle forces 
and EMG in early stance, but is not expected to affect estimated muscle force to a large 
degree when the estimated joint moments are larger in magnitude. 
When viewing both previously (Seay, et al. 2008) and currently estimated joint 
moment data.  There appears to be, with some variation, a fairly good agreement between 
the data in regards to the shape and magnitudes of the joint moments.  The previous joint 
moments should be greater than those collected presently by approximately a factor of 10 
when considering the difference in units used, with peak values in both the frontal and 
sagittal planes appearing to be very close in magnitude when considering this difference.  
Peak estimated transverse plane moments are approximately double those estimated 
previously, however when considering that only two subjects were compared between the 
studies, and when considering the amount of inter-individual variability that can exist 
between study participants, one cannot discount the results from either study simply due 
to this difference. 
 The current processes for estimating L5/S1 joint moments, muscle forces, 
intervertebral disc deformation and disc pressure results in estimates that appear to fall 
within anatomical and physiological limits associated both with previous modeling and 
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simulation research, as well as with in-vivo studies.  It appears reasonable to suggest that 
this model, when used in a repeated measures study design, should be able to provide 
reasonable estimates for changes in the intervertebral disc between study conditions.  The 
model would be less reliable in a non-repeated measures design due as error associated 
with the limitations of the model cannot be assumed to remain consistent between 
different subjects.  Model limitations including the lack of accurate disc geometry for 
individual subjects, and some simplified model design parameters (such as simplified 
muscle parameters, and L5/S1 specific joint angles) will decrease the utility of this model 
when attempting to estimate joint forces and/or pressures with a high degree of accuracy. 
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CHAPTER 3.  THE EFFECTS OF RUNNING SPEED AND FOOTSTRIKE 
PATTERN ON PRESSURE WITHIN THE L5/S1 INTERVERTEBRAL DISC 
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Abstract 
 Many different finite element models have been created in order to approximate 
the response of the intervertebral disc based upon degeneration, applied loads, etc.  
However there is a paucity of information regarding the application of realistic in-vivo 
forces during running to finite element models of the intervertebral disc.  The purpose of 
this study was to simulate L5/S1 joint contact forces and moments during running under 
variable speed/footstrike conditions, and to apply these forces within a finite element 
analysis of the intervertebral disc to estimate in-vivo loading, with average-median 
pressure (AM), peak-median pressure (PM), and the percent stance at which peak 
pressure occurred (TTP) extracted for analysis within a 2x2 Repeated Measures ANOVA.  
The results of this study indicate that there is no significant interaction between footstrike 
and velocity (p=.093), with significant main effects present for both footstrike (p=0.004) 
and velocity (p<0.001).  For footstrike, only TTP was significantly different (p=0.002; 
d=0.77), with runners reaching peak pressure at an earlier portion of stance when running 
with a forefoot strike running pattern (21.5±1.4%) vs a rearfoot strike pattern 
(27.9±1.5%).  For running velocity, all three dependent variables were significantly 
different, with AM (p<0.001; d=1.58), and PM (p<0.001; d=1.47) recording higher 
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pressures when running at a faster speed (2.07±0.10MPa) than when running at a slower 
speed (1.37±0.06MPa).  Differences in TTP (p=0.007; d=0.53) resulted in runners 
reaching their peak pressure later in the stance phase when running at a faster speed 
(26.7±1.4%) than when running at a slower speed (22.7±1.2%).  
Introduction 
 Over the course of recent decades, the finite element method has become a 
common research analysis tool, used to estimate internal loading on a multitude of 
structures.  One such structure that has received considerable attention in relation to the 
use and development of the finite element method is the intervertebral disc, as many 
studies have attempted to model disc material properties in order to simulate the response 
of the disc under conditions of simulated osmotic pressure (Ehlers, et al. 2009) cyclic 
loading (Williams, et al. 2007), swelling (Jacobs, et al. 2014), or static axial loading 
(Jacobs, et al. 2009; Malandrino, et al. 2009; Schroeder, et al. 2006; Williams, et al. 
2007).  However, despite the advancement of model development and theory over the 
years, there is a paucity of information related to the application of the finite element 
method during dynamic physical activities such as running. 
 Meanwhile, running has become one of the most popular forms of physical 
activity in the United States, with millions of individuals participating in road races 
annually.  Injuries to runners are common, with 47% of runners reporting the 
development of injuries over the course of a 2 year period (Jacobs, & Berson, 1986), 
while 3-15% of running injuries have been reported to occur within the lower back 
(Jacobs, & Berson, 1986; Taunton, et al. 2002; Taunton, et al. 2003).  In an effort to 
reduce the prevalence of running injuries some research has attempted to establish 
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methods, such as changing the running style, reducing running speed, or shortening stride 
length, for reducing ground reaction forces.  This research has found generally that a 
shortened running stride length will reduce ground reaction forces (Schubert, et al. 2014; 
Thompson, et al. 2014), while running with a forefoot strike ground contact pattern tends 
to result in a reduced running stride length (Diebal, et al. 2012; Gruber, et al. 2013), as 
well as reduced ground contact time (Diebal, et al. 2012).  Changes in running speed lead 
to changes in both stride length, and stride rate (Luhtanen, & Komi, 1978; Weyand, 
Sternlight, Bellizzi, & Wright, 2000), with ground contact time also reduced when speed 
increases (Weyand, et al. 2000). 
Concurrently we see that the prevalence of lower back pain has become a large 
problem among society at large, resulting in annual costs of 12-90 billion dollars per year 
(Druss, et al. 2002; Luo, et al. 2004).  As stated previously, low back injuries comprise a 
small but important percentage of running injuries.  As the existence of low back pain has 
the potential to affect a running training program even if the root cause of the pain is not 
running related it becomes even more important to consider methods for reducing stress 
on the back, and excessive loading on the intervertebral disc.  Thus, preserving and 
maintaining low back health should be prioritized when developing a holistic, training 
regimen designed to keep the runner injury free.  As such, it is important to determine 
how changes during running can affect variables such as pressure within the 
intervertebral disc, which can be tested using the finite element method.  It is 
hypothesized that when evaluating dynamic intervertebral disc pressures using the finite 
element method, running with a forefoot strike running pattern will decrease pressure 
within the intervertebral disc due to the presumed existence of a shortened stride length 
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and decreased ground reaction force.  It is further hypothesized that running at faster 
speeds will lead to increases in intervertebral disc pressure.  It is also hypothesized that 
peak pressure will be reached more quickly when running with a forefoot strike and when 
running at faster speeds, due to total stance time being shortened, but that the percent 
stance at which this occurs will be equal between the levels of the independent variables. 
Methods 
Data Collection and Instrumentation 
 36 runners were recruited to participate in this study.  20 of the runners were 
habitual rearfoot strikers, and 16 of the runners were habitual forefoot strikers.  Runners 
had to meet inclusion criteria for the study including that they were required to run at 
least 10 miles (16.1km) per week, they were required to be free of any lower extremity 
pain or injury that would limit their ability to run normally, they had to fit into the lab 
provided running shoes which were used for the test protocol, and they could not have 
any recurring problems associated with low back pain.  Prior to performing the test 
protocol, participants signed university approved informed consent documents.  One 
study participant was unable to perform the test trials adequately during data collection, 
so data for that participant was removed from all analyses resulting in a participant pool 
of 35 runners (19 female, 22.9±5.8y, 66.1±12.4kg, 1.72±0.08m, 25.4±16.0km/w) who 
were included in the final analysis. 
 Study participants were first instrumented with 24 retro-reflective markers, with 
markers placed on the right shoe, the medial and lateral malleoli, the right leg, the medial 
and lateral epicondyles on the knee, the right thigh, the lower back, on the spine just 
inferior to the vertical height of the sacrum, immediately over the seventh cervical 
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vertebrae, and on the right and left sides of the hip, anterior superior iliac spine (ASIS), 
posterior superior iliac spine (PSIS), shoulders, and low back.  Participants also had 
various anthropometric measurements taken, including foot length, foot breadth, calf 
circumference, thigh circumference, ankle height, ankle width, calf length, and thigh 
length.  Following marker instrumentation, all study participants were asked to stand 
motionless on a force platform (2000 Hz, AMTI, Watertown, MA) while a calibration 
trial was collected for use with the 3D motion capture system used for all data capture 
(200 Hz, Vicon MX, Vicon, Centennial, CO). 
Following instrumentation and calibration, participants were instructed to run 
over the force platform, under four different conditions: running with a rearfoot strike at 
2.91 m/s, running with a forefoot strike at 2.91 m/s, running with a rearfoot strike at 4.25 
m/s, and running with a forefoot strike at 4.25 m/s.  The order the conditions were 
performed in was counterbalanced relative to the running speed, while all participants 
began each speed condition running with their habitual footstrike pattern, and following 
with their non-habitual footstrike pattern.  For each of the four conditions the participants 
completed 8 successful trials in which they made contact over the center of the force 
platform with their right foot while running with the prescribed ground contact style, and 
while running within 2% of the prescribed speed. 
Intervertebral Disc and Musculoskeletal Models 
  The modeling procedure used for this study has been described previously in 
Chapter 2, and as such will only be described briefly in this chapter.  The modeling 
procedure is comprised of three individual models including: a rigid body model using 
inverse dynamics to estimate L5/S1 joint angles, forces and moments, a musculoskeletal 
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model used in conjunction with the rigid body model to estimate muscle forces and to 
estimate L5/S1 joint contact forces, and finally a finite element model which the 
previously calculated joint contact forces and moments are applied to in order to simulate 
in-vivo L5/S1 intervertebral disc pressure. 
 When utilizing the rigid body model, kinematic and kinetic data were first filtered 
at 20 Hz, while virtual markers were created at the ankle, knee, hip and L5/S1.  The 
virtual L5/S1 marker was established at a point lying 5% along a line running from the 
external location of L5/S1 relative to the PSIS (Kim, et al. 2007; Lazennec, et al. 2000; 
Xu, et al. 1995), and the midpoint between the ASIS markers (Seay, et al. 2008).  Helical 
joint angles were calculated at L5/S1, however since lumbar kinematics were collected 
using the entire lumbar region these angles were reduced in order to approximate only the 
joint motion at L5/S1 (Wong, et al. 2006).  3D shapes were created to approximate the 
volume of the trunk and pelvis by fitting parametric curves to the ASIS, PSIS, and hip 
markers.  Data from Pearsall, et al. (1996) was used to approximate low back and pelvis 
density, center of mass, and moment of inertia, after which inverse dynamics calculations 
were performed in order to estimate L5/S1 joint moments and reaction forces in a 
proximal segment coordinate system. 
 Muscle modeling was performed by using a musculoskeletal model with 52 
individual muscles which was scaled to each study participant based upon individual 
segment lengths and mass.  The model was created by combining and modifying multiple 
existing musculoskeletal models (Delp, et al. 2007; Hamner, et al. 2010; Shelburne, et al. 
2010).  This model was used to estimate muscle force by using joint orientations to 
estimate dynamic muscle lengths, moment arms, orientations, and maximum muscle 
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forces.  Muscles in the model which cross the L5/S1 joint include the erector spinae (ES), 
rectus abdominus (RA), internal obliques (IO), external obliques (EO), and psoas 
muscles.  A static optimization routine minimizing the sum of the muscle stresses squared 
(Pel, et al. 2008) was utilized in order to estimate muscle forces during running stance by 
matching muscle forces with the previously determined joint moments.  Muscle forces 
were added to joint reaction forces in order to establish L5/S1 contact forces to apply to 
the finite element model. 
Table 3.1  Material properties used with finite element analysis.  E: modulus of elasticity, 
v: Poisson’s ratio, d: material density, β: non-linear parameter of the Holmes-Mow 
model, k0: hydraulic permeability input into the model, M: non-linear parameter of the 
permeability, phi0: solid volume fraction input into the model.  Values were obtained 
from Cortes, et al. 2014, Jacobs, et al. 2014, Malandrino, et al. 2009, and Williams, et al. 
2007. 
 NP CEP OAF IAF VB 
E (MPa) 1.56 5.0 4.2 2.56 12,000 
v (unitless) 0.45 0.17 .4 .4 0.3 
d (kg/m3) 1.0 1.0 1.06 1.06 1.0 
β (unitless) 0.95 0.29 3.4 2.1 N/A 
k0 x 10-16 
(m4/Ns) 
5.5 5.6 47 25 50000 
M (unitless) 1.92 3.79 5.75 3.5 N/A 
phi0 
(unitless) 
0.21 0.379 0.23 0.23 0.42 
 In order to perform the finite element analysis (FEA), first a mesh of the 
intervertebral disc was created using polynomial equations to approximate the disc’s 
shape (Little, et al. 2007).  The completed mesh was scaled based upon the mass of each 
individual participant (McMahon, 1973), and various sections of the disc were assigned 
different materials, including the nucleus pulposus (NP), inner annulus fibrosis (IAF), 
outer annulus fibrosis (OAF), cartilaginous end plate (CEP), and the vertebral body (VB).  
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Disc material properties were assigned based upon previous research (Cortes, et al. 2014; 
Jacobs, et al. 2014; Malandrino, et al. 2009; Williams, et al. 2007) and can be viewed in 
Table 3.1.  The previously estimated L5/S1 contact forces and moments were rotated 39 
degrees in order to approximate the orientation of the L5/S1 joint relative to the pelvis 
(Lazennec, et al. 2000).  Contact forces were applied to the superior VB, while joint 
moments were reduced based upon a-priori estimations (see Chapter 2), and applied to 
the intervertebral disc as force couples. 
Data Processing 
 All of the models were run using custom Matlab routines, while the FEBio 
software package was utilized from within Matlab to perform the FEA.  Prior to applying 
forces to the finite element mesh, subject means for the L5/S1 contact forces and 
moments were first calculated for each condition.  These means were then applied to the 
mesh, with the first 60 percent of stance being analyzed using an FEA.  Following the 
completion of the FEA for all subjects/conditions the PostView software that 
accompanies FEBio was used to extract pressure data from each element within the NP 
for all subjects/conditions.  The median pressure was calculated for each 1 percent of 
stance, after which the average-median (AM), and peak-median (PM) pressures were 
calculated, in addition to determining the percent stance at which the peak pressure 
occurred (TTP).  A 2x2x2 Repeated Measures ANOVA was performed on this data 
within SPSS (version 25) to test for differences among the three dependent variables 
based upon the within group effects of running footstrike pattern, running velocity, and 
the interaction between the two independent variables.  A between group variable of 
habitual footstrike pattern was included to determine if any significant main effects or 
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interactions existed between participants based upon whether they habitually ran with a 
forefoot or rearfoot strike pattern.  Paired t-tests were run for all dependent variables 
where a significant interaction or main effect was present.  A Bonferroni adjustment was 
made to adjust for multiple comparisons.  Statistical significance for all tests was set at 
α=0.05.  Effect sizes (Cohen’s d) were also performed as a post-hoc analysis for each 
dependent variable upon which statistical significance was determined (small effect >  
0.2; moderate effect > 0.5; large effect > 0.8). 
Results 
There was not a significant main effect between groups based upon habitual 
footstrike pattern (p=0.109), and all associated interactions were also non-significant 
(p>0.05).  As such, all participants were merged into a single group for all remaining 
analyses.  The interaction between the independent variables footstrike and velocity was 
not significant (p=.093), however significant main effects were observed for both 
footstrike (p=0.004) and for velocity (p<0.001).  Subject means (±SE) as well as 
statistical measures related to the dependent variables are contained in Table 3.2.  Graphs 
Table 3.2  Results of pairwise comparisons (α=0.05) for 35 runners running with forefoot 
and rearfoot strike patterns, and running at 2.91 and 4.25 m/s.  Statistically significant p-
values, as well as moderate or greater effect sizes are recorded in bold.  Data presented 
as mean±SE 
 Footstrike Velocity 
 Forefoot Rearfoot p-value Cohen’s d 2.91 m/s 4.25 m/s p-value Cohen’s d 
AM 
(MPa) 
0.93 
±0.03 
0.93 
±0.03 
.950 0.01 
0.78 
±0.02 
1.08 
±0.04 
<0.001 1.58 
PM 
(MPa) 
1.77 
±0.09 
1.67 
±0.10 
.434 0.18 
1.37 
±0.06 
2.07 
±0.10 
<0.001 1.47 
TTP 
(%) 
21.5 
±1.4 
27.9 
±1.5 
.002 0.77 
22.7 
±1.2 
26.7 
±1.4 
0.007 0.53 
70 
 
of the data are presented in Figures 3.1-3.3, while disc pressure as viewed during post-
processing can be viewed in Figures 3.4-3.5.  
 
 
Figure 3.1  Mean values of PM for all subjects while running with 2 different footstrike 
patterns, at 2 different velocities.  Error bars represent 95% confidence intervals. 
 
Figure 3.2  Mean values of AM for all subjects while running with 2 different footstrike 
patterns, at 2 different velocities.  Error bars represent 95% confidence intervals. 
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Figure 3.3  Mean values of TTP for all subjects while running with 2 different footstrike 
patterns, at 2 different velocities.  Error bars represent 95% confidence intervals. 
  
Rearfoot 
2.91 m/s 
 
Forefoot 
2.91 m/s 
 
Rearfoot 
4.25 m/s 
 
Forefoot 
4.25 m/s 
 
Figure 3.4  Peak pressure within the intervertebral disc for a single subject represented 
by disc cross-sectional area at the midline in the sagittal plane.  The color scale ranges 
from -0.5 MPa (dark blue) to 2.0 MPa (red).   
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Discussion 
 The results of this study partially supported the study hypothesis.  Both AM and 
PM recorded statistically significant increases when participants ran at faster velocities, 
with very large effect sizes, supporting our hypothesis.  However neither AM or PM had 
any statistically significant differences when comparing forefoot to rearfoot strike 
running patterns, which was contrary to the hypothesis that forefoot strike running would 
lead to a reduction in intervertebral disc pressure.  Results for TTP were also contrary to 
the stated hypothesis, as forefoot strike running reached TTP at an earlier percent stance 
than did rearfoot strike running, while running at slower velocities resulted in reaching 
TTP at an earlier percent stance than running at faster velocities. 
Intervertebral Disc Pressure 
 An inspection of the input variables into the finite element analysis following the 
completion of data analysis shows why AM and PM were significantly different when 
comparing running velocities but not footstrike patterns.  Large increases in both joint 
moments as well as contact forces at L5/S1 were observed when running velocity 
increased, however there were no changes among these variables when the running 
footstrike pattern was modified.  Previous research examining differences in knee contact 
forces resulting from changing the ground contact pattern found that running with a 
forefoot strike led to decreased knee contact forces (Kulmala, et al. 2013).  The lack of 
differences in the present study would then indicate that differences between footstrike 
patterns at joints such as the hip could lead to the lack of differences observed at L5/S1.  
Additional research into joint kinematics found that when running with a rearfoot strike 
pattern knee flexion decreased, while hip flexion increased compared to forefoot strike 
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running (Shih, et al. 2013).  It is possible that these differences led to an attenuation of 
the increased forces seen previously at the knee in rearfoot strike running, leading to a 
lack of observable differences at L5/S1 in the present study.  This possibility is supported 
by previous research which found that when runners ran using both forefoot and rearfoot 
strike running patterns, axial contact forces decreased at the knee but remained 
unchanged at the hip when running with a forefoot strike (Rooney, & Derrick, 2013). 
Percent Stance at which Peak Pressure Reached 
 When evaluating changes in TTP in relation to the mean stance time for each 
condition, as opposed to the percent stance that was used for analysis, it was observed 
that peak pressure was reached more quickly when running with a forefoot (0.0495s) as 
opposed to a rearfoot (0.0680s) strike pattern, while stance time was reduced during 
forefoot strike running as well (0.232s forefoot vs. 0.245s rearfoot).  This indicates that 
while our hypothesis that percent stance would be unchanged between conditions was not 
supported, the underlying rationale behind that hypothesis was true, as both stance time 
and time to peak pressure were reduced in forefoot strike running.  That TTP was also 
reduced during forefoot strike running indicates that the magnitude of difference between 
rearfoot and forefoot strike runners was greater than we anticipated.  When evaluating 
changes in TTP in relation to running velocity it was observed that peak pressure was 
reached at approximately the same mean stance time for both the slower conditions 
(2.91m/s, 0.0605s) as well as the faster conditions (4.25m/s, 0.0553s).  This similarity in 
the peak timing at which peak pressure was reached led to the difference in TTP between 
velocities, as the shorter mean stance time for the faster conditions (0.208s vs. 0.269s) led 
to a comparatively larger percent stance at which the peak pressure was reached. 
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Injury Risk Associated with Running Footstrike and Velocity 
 When further examining the relationship between the estimated intradiscal 
pressure and TTP, it can be postulated that the rate of loading was likely higher when 
participants ran with a forefoot strike vs a rearfoot strike.  Additional analysis would need 
to be performed on this data in order to verify the veracity of this statement.  If true, this 
would provide evidence that running with a forefoot strike could potentially increase the 
risk of low back injury compared to rearfoot strike running, however the lack of 
differences between footstrike patterns in relation to disc pressure would appear to 
mitigate the potential risk.  The increase in disc pressure observed when running at faster 
velocities would appear to place runners who habitually run more quickly at a greater risk 
for injury due to the increase in L5/S1 joint contact forces/moments, along with evidence 
that sub-maximal repetitive loading has the potential to cause end plate damage/disc 
degeneration (Hansson, Keller, & Spengler, 1987).  The lack of a marked difference in 
the mean time to reach peak pressure, and the increase in the percent stance at which 
peak pressure is reached would seem to indicate that participants naturally adopted a 
running style during faster running to mitigate the risk that would be associated with high 
rates of loading during the early stance phase.  Additionally, previous modeling research 
has demonstrated the capacity of fluid flow within the intervertebral disc to affect 
nutrient transfer (Ferguson, Ito, & Nolte, 2004).  Thus, it is theoretically possible that 
increased submaximal force applied to the intervertebral disc could enhance nutrient 
transfer and provide a benefit to the health of the intervertebral disc.  As such, additional 
research will be needed in order to determine any additional risks or benefits associated 
with increased running velocity and injuries to the low back. 
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Conclusions 
 Intervertebral disc pressure at L5/S1 increases with an increase in velocity, but 
not with a change in footstrike pattern.  Peak pressure is reached more quickly at an 
earlier percent stance during forefoot strike running and is reached at a later percent 
stance with no change in absolute timing when running at faster velocities.  The 
relationship between the magnitude and timing of pressure on the intervertebral disc and 
its relationship with injury to the low back is unknown at the present time, and as such 
distinct conclusions can not be reached in the absence of additional research.  However, 
in the absence of additional research it would appear to be advantageous for individuals 
currently experiencing acute or chronic episodes of low back pain to try and decrease 
pressure on the intervertebral disc, which can be achieved by decreasing one’s running 
velocity, but not by modifying one’s footstrike pattern at ground contact. 
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CHAPTER 4.  INTERVERTEBRAL DISC PRESSURE AT L5/S1 DURING 
FATIGUED STATE RUNNING 
 
A paper to be submitted to 
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Jeffrey R. McClellan1, Jenna K. Burnett1,2, & Tim R. Derrick1 
1 Iowa State University 2 University of Maryland 
Abstract 
Previous research indicates that injury rates increase when a running bout or race 
is longer in magnitude.  It is possible that this increase in injury rate is due to additional 
fatigue associated with the longer running bout.  The purpose of this study was to assess 
whether intervertebral disc pressure during running increases due to fatigue.  Twelve 
runners performed a graded treadmill test, and on a subsequent day ten running trials 
were performed over a force platform, before and after performing a fatigue protocol, at a 
pre-determined speed which was based upon the subjects running speed at 70% of their 
heart rate reserve.  During the fatigue protocol, subjects ran at the same pre-determined 
speed until they reached fatigue.  Fatigue was defined as the third point in time during the 
protocol when a participant was unable to continue running and asked to take a walking 
break.  All data was processed following data collection using custom Matlab programs 
to: estimate L5/S1 joint moments, angles, and reaction forces using inverse dynamics, 
estimate muscular forces and joint contact forces using a musculoskeletal model, and 
estimate L5/S1 intervertebral disc pressure through utilization of a finite element analysis 
(FEA).  Modifications were made to the finite element model during the fatigue condition 
to simulate changes in disc material properties due to a long bout of running.  A paired t-
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test was used to analyze the average-median pressure (AM), peak-median pressure (PM), 
and time to peak (TTP), both before and after the fatigue protocol (alpha < 0.05).  Results 
of the FEA indicated that there were no significant differences when comparing the pre 
and post fatigue conditions for any of the three dependent variables, however moderate-
large effect sizes were recorded.  Changes in material properties at the level of the 
intervertebral disc as well as exercise induced musculoskeletal fatigue may not increase 
the risk of acute injury to the disc based upon the magnitude of pressure alone, while 
increased between condition variability may play a role in increasing the potential for 
injury among some runners when running in a fatigued state. 
Introduction 
 The injury rates among habitual long distance runners have been reported to vary 
substantially depending upon the study performed, and can range from 26.0% to 92.4% 
(van Gent, Siem, van Middelkoop, van Os, Bierma-Zeinstra, & Koes, 2007).  In 
particular it is notable that previous studies have associated participation in marathons 
(Macera, Pate, Woods, Davis, & Jackson, 1991), and running more than 64 km/wk on 
average (Macera, Pate, Powell, Jackson, Kendrick, & Craven, 1989; Walter, Hart, 
McIntosh, & Sutton, 1989) with an increased incidence of injury.  The knee is generally 
reported to be the most commonly injured location in the body among runners (van Gent, 
et al. 2007), with running injuries to the low back or pelvis comprising 3%-15% of 
running injuries (Jacobs, & Berson, 1986; Taunton, et al. 2002; Taunton, et al. 2003).  
While running injuries to the low back are not as prevalent as injuries to the knee or some 
other locations within the lower extremity, the percentage of running injuries at the low 
back is not inconsequential and additional assessment of low back injury risk associated 
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with running is warranted.  Previous research examining the risk to the intervertebral disc 
associated with different activities determined that activities that primarily load the disc 
axially and are moderate in magnitude such as walking or running have the potential to 
benefit the health of the intervertebral disc (Belavý, et al. 2016), however research 
examining height reductions to the intervertebral disc following a long bout of running 
cautions regarding potential increases in injury risk associated with the reduction in 
height (Dimitriadis, et al. 2012).  Likewise, repetitive submaximal loading of the 
intervertebral disc has demonstrated the potential to lead to endplate damage, and 
degeneration of the intervertebral disc (Hansson, Keller, & Spengler, 1987). 
 Fatigue, while difficult to classify also has the potential to affect injury risk 
among runners.  In general, fatigue can be classified in multiple fashions, including: 
recording reduced neural output from the central nervous system (Nicol, et al. 1991; 
Taylor & Gandevia, 2008), recording decreases in muscle strength or performance 
(Edwards, 1983; Giandolini, et al. 2016), or changes in physiological markers 
(Alghannam, et al. 2016).  Evidence that running marathons is a risk factor for increased 
injury prevalence (Macera, et al. 1991) suggests that fatigue may play a role in the 
runner’s susceptibility to injury.  When examining the susceptibility of lower extremity 
kinematics and kinetics to changes associated with fatigue, localized fatigue of muscles 
in both the foot (Christina, et al. 2001) and the leg (Mizrahi, et al. 2000) has been shown 
to alter variables such as impact acceleration, ground reaction force, and joint angles, 
among other variables, when running in a fatigued state.  Bone strains when running in 
non-fatigued and fatigued states have not been reported to be different (Burnett, 2017) 
despite previous indications that kinetic and kinematic changes are present in the fatigued 
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state.  General fatigue has also been associated with changes to impact acceleration 
observing that fatigued runners have higher impact accelerations (Verbitsky, et al. 1998), 
and lower ground reaction forces due to decreased stride rate and increased stride length 
(Gerlach, et al. 2005), with additional indications that previously injured runners are 
potentially susceptible to higher impact forces over time (Gerlach, et al. 2005).  Research 
examining shock attenuation in the human body has found that an increased stride length 
during running leads to increased shock attenuation (Mercer, Devita, Derrick, & Bates, 
2003), but that shock attenuation decreases when running in a fatigued state with stride 
length remains unchanged (Mercer, Bates, Dufek, & Hreljac, 2003).  If the decreased 
shock attenuation seen during fatigue persists concurrently with higher tibial impact 
accelerations (Verbitsky, et al. 1988) despite an expected increase in stride length it 
would be expected to observe higher impact shock in the area of the low back during 
fatigued state running.  Concurrently, a decreased stride rate at a constant running speed 
could potentially lead to increased ground contact time when running in a fatigued state 
such as reported by Gerlach, et al (2005).  Increased ground contact time has the potential 
to cause an increase in the time that it takes to reach peak pressure, even when the percent 
stance necessary to reach peak pressure remains unchanged.  The potential for increased 
shock to exist in the low back during fatigued running, while decreasing the running 
stride rate leads to our study hypothesis that loading on the L5/S1 intervertebral disc in 
the fatigued state will produce increased pressure on the disc as compared to non-fatigued 
running, and that additionally the percent stance at which peak pressure is reached will 
remain unchanged in the fatigued state. 
Methods 
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Data Collection and Instrumentation 
 17 participants were recruited to participate in the study and signed institutionally 
approved informed consent documents.  While all 17 participants completed the study 
protocol, data for five of the participants was incomplete due to missing marker data, and 
as a result only data from 12 participants (male = 8, mass = 65.8±9.9kg, height = 
1.75±0.06m, age = 26.7±7.8y, mileage = 53.8±19.5km/w) were processed and analyzed.  
Inclusion criteria for the study included requirements that participants run at least 20 
miles (32.2 km) per week, be free from injury, and be between the ages of 18 and 50. 
Table 4.1 Bruce VO2max Treadmill 
Protocol.  Subjects completed protocol to 
volitional exhaustion 
Time  
(min) 
Speed (mph) Incline  
(% grade) 
0 1.7 10 
3 2.5 12 
6 3.4 14 
9 4.2 16 
12 5.0 18 
15 5.5 20 
18 6.0 22 
21 6.5 24 
24 7.0 26 
 
 The test protocol was based upon a previously validated fatigue protocol which 
was shown to increase lactate accumulation and significantly decrease muscle glycogen 
stores (Alghannam, et al. 2016).  Data collection occurred on two separate occasions with 
the two test sessions separated by no more than 10 days.  The first visit consisted of a 
graded treadmill test following the Bruce Protocol as shown in Table 4.1 (Bruce, 1971).  
Participants were instructed to run or walk on the treadmill until they were incapable of 
continuing, at which time the treadmill was set to 1.2 mph at a 0% grade for 5 minutes to 
allow the participant to recover.  Heart rate (HR) was recorded using a Polar hear rate 
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monitor (Polar USA, Lake Success, NY), while VO2 was recorded using a Physiodyne 
Max-II metabolic cart (AEI Technologies, Pittsburgh, PA), with recordings collected 
every 15 seconds throughout the course of the test protocol to determine both max HR, as 
well as VO2max.  Max HR was used to determine the 70% heart rate reserve (HRR). 
 During the second visit, participants took part in the fatigue protocol.  First, 20 
retro-reflective markers were attached to participant’s skin, and participants were 
instrumented with a heart rate monitor.  Next, participants performed a treadmill warm up 
starting slightly slower than the speed for their typical long run, and then adjusting the 
treadmill speed until 70% HRR was reached and HR had stabilized, with the treadmill 
speed at 70% HRR used as the fatiguing speed.  Participants then ran over two AMTI 
force platforms (2000 Hz; AMTI, Watertown, MA) striking the platforms with their right 
foot at a speed ±5% of the fatiguing speed, while motion of the retro-reflective markers 
was tracked by an 8 camera optical motion tracking system (200 Hz; Vicon, Oxford, 
UK).  This procedure was repeated until 10 successful trials were completed.  
Participants were then asked to run on a treadmill (Trackmaster, Full Vision, Newton, 
KS) at the fatiguing speed for as long as possible.  When participants were unable to 
continue running and asked to walk, the treadmill speed was decreased to a self-selected 
walking speed by each participant, with walking occurring for 2 minutes.  This running 
procedure was completed three times, with the third request to walk signifying the end of 
the fatigue protocol.  While running participants were permitted to drink water ad-
libitum, listen to music, and cool themselves with a fan.  Following completion of the 
fatigue protocol, running over the force platforms was once again performed using the 
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same protocol as was performed initially, with 10 successful trials recorded.  Variables 
related to participant performance during testing can be viewed in Table 4.2. 
Table 4.2  Participant performance characteristics 
 Mean ± SD 
Fatiguing Speed (m/s) 3.25 ± 0.23 
VO2max (mL/kg/min) 53.7 ± 7.2 
Max HR (bpm) 184.5 ± 10.9 
Resting HR (bpm) 65.7 ± 9.3 
70% HRR 148.9 ± 8.5 
Fatiguing Run Time (min) 105.8 ± 36.9 
 
Intervertebral Disc and Musculoskeletal Models 
 The general modeling procedures used for this study were described previously in 
Chapter 2 and in Chapter 3, and as such only the differences in the modeling approach 
will be described in detail.  The general modeling approach involved the use of three 
different models.  The first model involves the use of 3D kinematics and kinetics 
extracted from the motion tracking system and force platforms, performing inverse 
dynamics on the data to ultimately determine 3D estimates for L5/S1 joint angles, joint 
moments, and joint forces.  The second model involves the use of musculoskeletal 
modeling to estimate muscle forces for muscles crossing the L5/S1 joint, while also 
estimating the magnitude of the L5/S1 joint contact forces.  Finally, the previously 
estimated joint contact forces and joint moments are applied to a finite element model of 
the L5/S1 intervertebral disc in order to simulate in-vivo pressures on the disc during the 
first 60% of the running stance phase.  Material properties input into the finite element 
model can be viewed in Table 4.3, and are identical to those in Chapters 2 & 3. 
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 One major change was made to the process by which kinematics were collected 
and processed.  The original model utilized markers placed on both the left and right 
Posterior Superior Iliac Spine (PSIS), and also included three markers placed over the 
trunk in the area containing the lumbar region of the spine, and markers at C7 and the left 
and right acromion processes.  The current model utilized a single marker placed over the 
sacrum instead of the left and right PSIS and did not include the additional markers 
placed over the lumbar region of the trunk, only utilizing markers placed at C7, and the 
acromion processes.  In order to better approximate lumbar spine kinematics in the 
present study, data from a previous study (see Chapter 3) was used to establish an  
 
adjustment factor based upon the difference between the segment angles at the upper 
trunk (C7 and the acromion processes) and the lumbar region of the trunk.  The 
adjustment factor was then applied to data from the upper trunk in the present study to 
Table 4.3 Material properties used with finite element analysis.  E: modulus of elasticity, 
v: Poisson’s ratio, d: material density, β: non-linear parameter of the Holmes-Mow 
model, k0: hydraulic permeability input into the model, M: non-linear parameter of the 
permeability, phi0: solid volume fraction input into the model.  NP=Nucleus Pulposus, 
CEP=Cartilagenous End Plate, OAF=Outer Annulus Fibrosis, IAF=Inner Annulus 
Fibrosis, VB=Vertebral Body.  Values were obtained from Cortes, et al. 2014, Jacobs, et 
al. 2014, Malandrino, et al. 2009, and Williams, et al. 2007. 
 NP CEP OAF IAF VB 
E (MPa) 1.56 5.0 4.2 2.56 12,000 
v (unitless) 0.45 0.17 .4 .4 0.3 
d (kg/m3) 1.0 1.0 1.06 1.06 1.0 
β (unitless) 0.95 0.29 3.4 2.1 N/A 
k0 x 10-16 
(m4/Ns) 
5.5 5.6 47 25 50000 
M (unitless) 1.92 3.79 5.75 3.5 N/A 
phi0 
(unitless) 
0.21 0.379 0.23 0.23 0.42 
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approximate motion of the lumbar trunk.  As part of the modeling process, virtual PSIS 
markers were also created based upon the location of the sacral marker, with the sacral 
marker being used further to approximate the location of the L5/S1 joint center. 
 Zero changes were made to the musculoskeletal model described previously, 
however modifications were made to the finite element model during the fatigued 
condition to account for changes to the intervertebral disc associated with a long bout of 
running.  Previous research examining the change in lumbar region disc height associated 
with a one hour bout of running found that a 4.88 mm reduction was to be expected on 
average for the five lumbar discs combined (Dimitriadis, et al. 2012).  As validation 
testing both in Chapter 2 and from previous studies (Malandrino, et al. 2009; Tyrrell, et 
al. 1985; Williams, et al. 2007) resulted in an attenuation of the exercise related loss in 
stature during simulations lasting less than an hour, it was assumed for the purposes of 
this study that the loss in stature for all participants was equal to that reported by 
Dimitriadis, et al. (2012) even though the time spent running was variable, and was 
greater than one hour.  It was also assumed that the stature loss for each of the lumbar 
discs was equal, thus during the fatigued condition the height of the finite element mesh 
was reduced by approximately 1 mm for all participants.  Additionally, since the height 
of the disc was reduced, biphasic material properties of the disc must also be modified in 
order to account for changes to disc porosity and permeability.  These variables were 
modified based on equations derived from previous research (Riches, Dhillon, Lotz, 
Woods, & McNally, 2002).  The equation describing the starting porosity for the fatigue 
condition can be viewed as Equation 4.1, with e equal to the percent reduction in the 
overall disc height, and phiw0 equal to the material porosity in the reference 
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configuration.  Equation 4.2 determines the new starting permeability to be input into the 
finite element model, with k0 equal to the hydraulic permeability in the reference state.  
Both phiw0 and k0 used in this study were taken from previous research (Jacobs, et al. 
2014). 
Equation 4.1 material porosity (por) = (e+phiw0)/(1+e) 
Equation 4.2  material permeability = k0*(por/phiw0)
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Data Processing 
 Custom Matlab routines were used for all data processing procedures, with 
Matlab routines also used to run the FEBio software package when performing the FEA.  
The process for condensing L5/S1 joint contact forces and moments as condition means 
was followed according to the same procedure established in Chapter 3, such that only 
the first 60% of the running stance phase was analyzed using the FEA.  Upon completing 
data processing using Matlab/FEBio pressure data was extracted from each element 
within the NP using PostView, an accompanying software to FEBio.  Across the entire 
NP, the median pressure was determined for each 1 percent of stance, and the average-
median (AM), and peak-median (PM) pressures were determined, with the percent stance 
at which the peak pressure occurred (TTP) also extracted for analysis.  Two-tailed paired 
t-tests (α = 0.05) as well as effect sizes (Cohen’s d) were used to compare differences 
between the study conditions (pre and post fatigue) for all three dependent variables. 
Results 
 Results of the statistical analysis showed no statistically significant differences 
between fatigued and non-fatigued running for AM, PM, and TTP (p > 0.05).  Effect 
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sizes for AM and PM were both moderate-large, with a very small effect size for TTP.  
The data for individual variables is viewable in Table 4.4.  A visual example of the  
 pressure data viewed in post processing for a single subject can be viewed in Figure 4.1. 
Discussion 
 While no statistically significant p-values were recorded, effect sizes for both AM 
and PM were moderate-large, with no differences recorded for TTP using either measure.  
These measures indicate that our hypothesis was partially supported, as TTP did not 
change per our hypothesis, while the hypothesis of increases in AM and PM in the 
fatigued state is only partially supported. 
 
Intervertebral Disc Pressure 
 An examination of results for the individual subjects shows that 10 of the 12 
subjects recorded increases in AM during the fatigued condition, while 9 of the 12 
subjects recorded increases in PM during the fatigued condition.  This seems to highlight 
the moderate-large effect size for these conditions and the likelihood that L5/S1 disc 
pressure is in fact greater when running in a fatigued condition.  Of additional note is the 
variance between conditions for both AM and PM, as standard deviations for the entire 
group are much greater when running in the fatigued condition.  This was due to 
Table 4.4 Results of paired t-tests for dependent variables AM (average of the median 
pressure), PM (peak median pressure), and TTP (time to peak).  Significant p-values and 
moderate (or greater) effect sizes are marked in bold. 
  Mean ± SD P-value Cohen’s d 
AM (MPa) 
Non-fatigued 0.76 ± 0.23 
.058 0.761 
Fatigued 0.93 ± 0.41 
PM (MPa) 
Non-fatigued 1.28 ± 0.38 
.074 0.757 
Fatigued 1.76 ± 1.00 
TTP (% stance) 
Non-fatigued 25.8 ± 12.4 
.512 0.197 
Fatigued 23.8 ± 11.0 
91 
 
individual observed values for PM that were as high as 2.66 times greater, and values for 
AM that were as high as 1.81 times greater during the fatigued vs non-fatigued 
conditions.  This would indicate, although speculatively that different individuals respond 
differently to fatigue.  Thus, participants can be classified as responders or non-
responders in relation to their tendency to increase or decrease intervertebral disc 
pressure resultant to fatigue.  The individuals with large variations in pressure between 
conditions might be more likely to develop a low back injury resultant to fatigue, while 
participants who were observed to have decreased pressure post fatigue might see no 
increase in their likelihood to develop a fatigue related low back injury.  Even when 
considering only responders, it cannot be definitively stated that increased disc pressure 
will increase injury risk, as limited data exists to establish injury thresholds to compare 
this data to, while reductions in disc height and disc permeability due to fatigue did not 
independently cause marked changes in observed pressures for AM or PM. 
 As part of the modeling process, the height of the intervertebral disc and material 
permeability within the disc were reduced in the reference configuration.  A reduction in 
disc height has the potential to lead to increased pressure on the intervertebral disc 
(Dunlop, Adams, & Hutton, 1984).  In the present study the decreased height of the disc 
and decreased initial permeability in the fatigued condition seemed to play only a small 
role in the observed increase in disc pressure.  When comparing L5/S1 disc pressure to 
L5/S1 contact forces, mean contact forces were 16% higher post fatigue, while mean 
pressure was 24% higher post fatigue.  Peak contact forces were 31% higher post fatigue, 
while peak pressure was 35% higher post fatigue.  This would seem to indicate that while 
the acute response of the disc to fatigue does increase the likelihood of injury, the 
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magnitude of increase is relatively small in magnitude, and should not be considered a 
prohibitive factor when making a decision to participate in a long distance running event. 
Percent Stance at which Peak Pressure Reached 
 While our hypothesis that no statistically significant changes would be observed 
was confirmed, the rationale behind our hypothesis was shown to be incorrect.  The 
rationale behind expecting to see no change was that participants would increase their 
stride length and also increase stance time in the fatigued state, leading to an increase in 
the time required to reach peak pressure while retaining an equivalent percent of stance 
required to reach peak pressure.  Contrary to this expectation, stance time was unchanged 
between the different conditions (0.242s pre vs. 0.240s post-fatigue), and as the percent 
stance required to reach peak pressure was unchanged, the absolute time needed to reach 
peak pressure was also unchanged.  This would indicate that the likely change in disk 
pressure between the conditions was unlikely to be related to spatiotemporal 
characteristics of running gait (running speed, ground contact time, step-width, etc.), and 
is more likely to be attributed to increases in joint contact force, or changes in disc 
material characteristics caused by or associated with fatigue itself, rather than being 
affected secondarily by these characteristics, which also have the potential to be affected  
by fatigue. 
Conclusions 
 The percent stance needed to reach peak pressure was not different between the 
two conditions, while the total stance time, and thus absolute timing needed to reach peak 
pressure were also the same between the two conditions.  Fatigue has a moderate-large 
effect on pressure, but high variability during fatigue results in no statistical differences 
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between conditions indicating that it cannot be assumed that intervertebral disc pressure 
will increase as a result of running in a fatigued state.  Runners can be separated into 
groups depending upon whether they respond by increasing or decreasing intervertebral 
disc pressure when running in a fatigued state, but in the absence of additional research 
this does not provide an indication that individuals who increase intervertebral disc 
pressure are at greater risk of injury.  Additional research should be performed in order to 
better understand the relationship between changes in intervertebral disc pressure 
associated with fatigue, and the potential for injury risk to be elevated as a result of 
increases in intervertebral disc pressure. 
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CHAPTER 5.  SUMMARY AND CONCLUSIONS 
 
Summary 
 In my first study, we developed musculoskeletal and finite element models to 
estimate joint forces, moments, kinematics and intervertebral disc pressure at the L5/S1 
joint.  Validation of these models resulted in intervertebral disc pressure that was similar 
in magnitude on the low end to that previously reported by Wilke, et al. (1999), but 
higher on the upper end.  Simulations of the reduction in disc height due to repetitive 
exercise was lesser in magnitude than that performed in-vivo (Tyrrell, et al. 1985), but 
had a similar range of error when compared to previous modeling research (Malandrino, 
et al. 2009; Williams, et al. 2007).  Comparisons of estimated muscle forces from the 
model and recording of muscle stimulation from EMG were generally in agreement in 
terms of the signal shape, however direct comparisons could not be made due to 
limitations of both musculoskeletal modeling and EMG.  Results for joint moments 
calculated via inverse dynamics were similar in magnitude to those reported previously 
by Seay, et al. (2008). 
 In the second study, runners ran at 2.91 and 4.25 m/s over a force platform while 
using both forefoot and rearfoot strike running patterns.  A significant main effect for 
velocity was observed, with average and peak pressures, as well as the percent stance 
needed to reach peak pressure all recording differences between velocities.  Higher 
velocity resulted in higher pressure, and a larger percent stance needed to reach peak 
pressure.  A significant main effect was also observed for running footstrike pattern, with 
no differences between footstrike for disc pressures, but with observed differences 
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evident when comparing the percent stance at which peak pressure was reached.  When 
running with a forefoot strike, participants tended to reach peak pressure earlier in the 
stance phase than when running with a rearfoot strike. 
 In the final study, runners ran at a set fatiguing speed over a force platform both 
before and immediately following a fatiguing protocol.  No differences were observed 
when evaluating p-values for any of the dependent variables due in part to high 
variability between participants for disc pressure in the post fatigue condition, however 
both mean and peak pressures recorded moderate-large effect sizes, with higher 
intervertebral disc pressures estimated when runners ran in the fatigued state. 
Conclusions 
 The use of multiple computer models has been successfully shown to be able to 
detect differences at the level of the L5/S1 intervertebral disc when utilized with a 
repeated measures study design.  Accuracy of the models appears to be reasonable when 
compared to other models, as well as in-vivo studies, however it is not expected that the 
models will be able to detect with great accuracy the specific pressures and forces present 
on the intervertebral disc but are more useful when detecting changes between conditions 
in the afore-mentioned repeated measures study design.  As such, it is not recommended 
that these models be used to attempt to detect specific pressures/forces on the 
intervertebral disc or to be used in non repeated measures study designs. 
 Increases in velocity have been shown to cause large increases in intervertebral 
disc pressure, as well as an increase in the percent stance required to reach peak pressure 
while the absolute timing necessary to reach peak pressure remains unchanged.  The 
ground contact pattern does not affect intervertebral disc pressure, however running with 
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a forefoot strike pattern leads to peak pressure being reached more quickly both as a 
percent of stance as well as in relation to the absolute timing needed to reach peak 
pressure.  Fatigue does not cause a statistically significant change in intervertebral disc 
pressure, due to large variability in the fatigued state, or percent stance needed to reach 
peak pressure.  However, there is a moderate-large effect size indicating that fatigue has 
an effect causing an increase in disc pressure. 
 Future studies should attempt to better discern the relationship between fatigue 
and disc pressure, specifically attempting to discern the relationship between fatigue and 
any associated increases in injury risk.  Future studies should also attempt to discern if 
there are any variables associated with low back injuries related to running velocity or 
footstrike patterns, with the rate of loading being of particular interest when examining 
differences in the later relationship, and magnitude of applied force/pressure being of 
interest for the former. 
 Future improvements to the musculoskeletal and finite element models should 
also be made in order to better establish the magnitude of pressure/force on the 
intervertebral disc.  Disc geometry could be improved by more closely determining 
subject specific disc surface area and height, and by using CT scans and pre-swelling 
conditions to create a mesh of the intervertebral disc that more closely resembles the 
actual disc geometry. 
  
101 
 
REFERENCES 
Malandrino, A., Planell, J. A., & Lacroix, D. (2009). Statistical factorial analysis on the 
poroelastic material properties sensitivity of the lumbar intervertebral disc under 
compression, flexion and axial rotation. Journal of biomechanics, 42(16), 2780-
2788. 
 
Seay, J., Selbie, W. S., & Hamill, J. (2008). In vivo lumbo-sacral forces and moments 
during constant speed running at different stride lengths. Journal of sports 
sciences, 26(14), 1519-1529. 
 
Tyrrell, A. R., Reilly, T., & Troup, J. D. G. (1985). Circadian variation in stature and the 
effects of spinal loading. Spine, 10(2), 161-164. 
 
Wilke, H. J., Neef, P., Caimi, M., Hoogland, T., & Claes, L. E. (1999). New in vivo 
measurements of pressures in the intervertebral disc in daily life. Spine, 24(8), 755-
762. 
 
Williams, J. R., Natarajan, R. N., & Andersson, G. B. (2007). Inclusion of regional 
poroelastic material properties better predicts biomechanical behavior of lumbar 
discs subjected to dynamic loading. Journal of biomechanics, 40(9), 1981-1987. 
